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Abstract

Ultrasound and microbubble enhanced drug delivery presents an opportunity to enhance

therapy and improve patient outcomes. In addition to the enhancement of drug and gene

uptake, ultrasound and microbubbles provide targeted drug and gene delivery, permeabilizing

the cell membrane within the ultrasound beam width. A variety of indications can benefit

from localized therapeutic delivery, especially in the vasculature. In particular, atherosclerosis,

the build up of fat and cellular waste in the vasculature, is a viable target for a catheter-based

ultrasound and microbubble enhanced drug delivery platform. Catheter procedures are already

common tools for diagnosing and treating atherosclerosis through coronary angiography,

intravascular ultrasound (IVUS) imaging and percutaneous coronary intervention (PCI).

This dissertation develops an IVUS platform for microbubble-based drug delivery as well as

metrics for assessing microbubble delivery with IVUS. IVUS transducers for microbubble-based

drug delivery were designed using finite element analysis (FEA) and an experimentally verified

microbubble displacement model. The designed transducers were fabricated, characterized,

and evaluated using an in vitro cell delivery model, flow phantoms, and ex vivo artery

experiments.

An experimentally verified 1-D acoustic radiation force (ARF) microbubble model was

implemented and evaluated for the selection of the microbubble-specific ultrasound transducer

center frequencies. Outputs from the model were later compared to high speed camera data

to determine the validity of the model as a tool for selecting transducer center frequency.
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Through thorough review of the equations which the model was based on and comparison with

published results, a correction was made to the friction term of the model. After applying

this correction, the impact of this friction term on the model output was evaluated.

Ultrasound transducer design frequencies were selected to displace microbubbles using the

results of the ARF microbubble model and to induce sonoporation, the transient permeabi-

lization of the cell membrane, using data found in the literature. Using FEA, low center

frequency IVUS transducers (1.5, 2, and 5 MHz) that fit within the dimensional constraints

presented by the vasculature (diameter <1 mm, length <3.5 mm ) were designed. Prototypes

were fabricated using commercially available piezoelectric ceramics and characterized using a

hydrophone measurement system. The measured prototype characteristics were compared

to the FEA results. The measured and FEA results were used to assess the accuracy of the

finite element model (FEM) and the FEM was adjusted to better match the measured results.

The ability of these prototype transducers to displace microbubbles from physiological flow

conditions was validated in flow phantoms while monitoring using both a clinical ultrasound

scanner and programmable research ultrasound scanners.

To achieve a displace, treat, and image model of delivery, multifunction IVUS transducers for

microbubble displacement, ultrasound and microbubble enhanced drug delivery, and imaging

were designed using FEA. Using lateral and thickness modes, designs that incorporate both

imaging center frequencies (8-24 MHz) and therapeutic center frequencies (<5 MHz) were

produced. Two of these designs were fabricated, characterized, and tested.

The ability of the IVUS transducers to induce sonoporation was evaluated in vitro. The dual

frequency, multifunction IVUS transducers induced ultrasound and microbubble enhanced

uptake of a membrane impermeable fluorophore (calcein) at a peak negative presssure (PNP)

= 152 kPa and pulse repetition frequency (PRF) = 1 kHz, while maintaining vascular smooth

muscle cell viability in in vitro studies.
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Delivery (5 MHz center frequency, 50 cycle sine, PNP = 1 or 2 MPa, PRF = 0.5 or 1

kHz) and ARF (5 MHz center frequency, 500 cycle sine, PNP = 0.6 MPa, PRF = 5 kHz )

parameters were tested in an ex vivo swine artery flow loop using physiological flow rates (105

mL/min). The percentage of time dedicated to ARF and delivery was varied to determine

which pulse had the greatest impact on the delivery of a model drug (DiI). It was determined

that without ARF, delivery does not occur. However, without high amplitude sonoporation

pulses, fluorescence intensities similar to a combination of ARF and delivery pulses were

measured.

Finally, the ultrasound parameters determined from the ex vivo and in vitro experiments

were applied to perform an in vivo pilot study in a swine model. DiI microbubbles were

infused through an IVUS catheter as the transducer rotated and transmitted a 5 MHz center

frequency, 500 cycle, PNP = 0.6 MPa, PRF = 5 kHz pulse to displace microbubbles to the

vessel wall. Localized delivery of DiI was verified in the swine model through fluorescence

microscopy of the swine model’s left circumflex and left anterior descending arteries.
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Chapter 1

Introduction

1.1 Medical Ultrasound

Since the 1960s, medical ultrasound has provided a safe, low cost, relatively compact

method for creating high resolution images of the body [1]. Operating at frequencies above 1

MHz, medical ultrasound creates images by interrogating tissue with acoustic waves. These

acoustic waves are generated by an ultrasound transducer, which converts an electrical

input signal into an acoustic wave. When these acoustic waves propagate through the body,

the waves are reflected at tissue interfaces. The reflected waves return to the ultrasound

transducer and are converted from mechanical energy to an electrical signal. A plot of

amplitude over time can be produced from this electrical signal, known as an A-line. If the

speed of sound in the tissue is know, the A-line can be used to determine the distance to

the tissue interface. In modern ultrasound scanners, a series of A-lines are collected and

then filtered, focused, log compressed and compiled together into a 2-D image, referred to

as a B-mode image. The common medical ultrasound scanner must contain components

to generate an electrical signal, receive an electrical signal, beam form the transmitted and

received signals, process the received signals (A/D conversion, filtering, log compression), and

display the image. Before the electrical signal can be assembled and processed, the tissue

1
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must be interrogated with an acoustic wave. This is the role of the ultrasound transducer and

this document will focus on the design of ultrasound transducers for therapeutic applications.

1.2 The Ultrasound Transducer

As discussed in Section 1.1, the interrogation of the body to produce the ultrasound image

is performed with the ultrasound transducer. By converting electrical energy to mechanical

energy in the form of acoustic waves, and reversing this process, the ultrasound transducer

provides the means for acoustic interrogation. In many ways, this makes the transducer

a limiting factor for the ultrasound system. The transducer design dictates the available

imaging frequencies and therefore the axial resolution of the image. In linear arrays, the lateral

resolution of the image can be limited by the transducer pitch, the center to center element

spacing. The geometry of the ultrasound transducer and its casing (collectively termed the

probe) determine which regions of the body can be imaged. For example, a traditional

hand-held imaging probe works very well for general imaging applications. However, when

imaging the heart, being able to image from within the esophagus enables the use of higher

frequencies for improved imaging resolution while circumventing acoustic barriers such as

the lungs and ribs. In order to image from within the esophagus, a different probe shape is

required for the tranesophageal probe than for a traditional hand-held imaging probe.

The configuration of ultrasound transducers can be broken into two broad categories:

single element and array transducers. Modern ultrasound scanners use arrays, a collection

of transducer elements with individual electrical connections, enabling transmission and

reception on individual elements. With this configuration transmit waves can be focused

to improve penetration depth and image quality. Arrays enable B-mode imaging without

translation of the transducer. Single element transducers only have one piezoelectric ceramic

element for transmission and reception. To produce 2-D images, individual A-lines must be

collected over time while translating the transducer and then post-processed to generate the
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final image. While not often used in commercial clinical scanners, single element transducers

are seen in intravascular ultrasound (IVUS) and therapeutic applications. The focus of this

work will be on the design of single element transducers for therapeutic IVUS applications.

1.2.1 Piezoelectric Ceramics

The core of the ultrasound transducer is the piezoelectric ceramic. These materials have

the unique property of deforming when an electric field is applied and producing a charge

gradient through the piezoelectric ceramic when a stress is applied [2]. By applying an

excitation pulse with a center frequency above 100 kHz to the piezoelectric ceramic, it can be

deformed in such a manner that it generates ultrasonic waves in the surrounding medium. A

prerequisite for all piezoelectric materials is an asymmetric crystal structure, meaning that

all piezoelectric materials are anisotropic [3, 4].

To describe the piezoelectric effect, a series of equations based on Maxwell’s equations and

Hooke’s law are used to relate the mechanical and electrical properties. Although there are

four forms that these equations can be presented in, the most common form uses mechanical

stress (T) and charge density (D) as the the dependent variables, and electric field (E) and

strain (S) as the independent variables. These variables are related through the piezoelectric

stress constants (e), the dielectric constant (εmk), and the elastic constant (c). e is measured

in C/m2 and quantifies the relationship between the electrical and mechanical variables [4].

εmk is a measure of the electrical energy stored in a material due to an applied voltage,

measured in C/(V×m). c relates the applied force to the material’s displacement in tensor

form, measured in N/m2. The constitutive equations for a piezoelectric device are

Ti =cEijSj − emiEm

Dm =emiSi + εSmkEK

(1.1)
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These equations can be used to model a given piezoelectric ceramic element both electrically

and mechanically. These become the governing equations in finite element analysis (FEA) of

piezoelectric ceramics, allowing the creation of comprehensive 3-D models.

The dimensions of a piezoelectric ceramic determine its resonant modes. These modes,

which can be divided into low and high frequency modes, determine the most effective

operating frequencies of the piezoelectric ceramic. When excited at the resonant frequency,

the piezoelectric ceramic produces the greatest acoustic output. The piezoelectric ceramic is

also most sensitive to received acoustic waves at the resonant frequency. In general, most

medical ultrasound transducers are designed using the high frequency thickness mode, using

a thin piezoelectric ceramic plate with a large area [3]. In this design, the thickness of the

piezoelectric ceramic plate determines the resonant frequency, approximated as the half

wavelength resonance

fc =
c

2t
(1.2)

where fc is the center frequency of the piezoelectric ceramic, t is the thickness of the

piezoelectric ceramic plate, and c is the speed of sound in the thickness dimension of the

piezoelectric ceramic, keeping in mind that piezoelectric ceramics are anisotropic.

In addition to the piezoelectric ceramic, the transducer must have electrodes and intercon-

nects to couple the transducer to the ultrasound system electrically, illustrated in Figure 1.1.

When resonating, the ultrasound transducer actually transmits and receives in two directions.

For this reason the transducer must also have a backing layer to prevent the transducer

from imaging opposite the target direction in submerged applications (e.g. intravascular

transducers) or having an excessive ring down in air backed applications (e.g. transcutaneous

transducers). In addition to the prevention of rear firing, the backing layer of an ultrasound

transducer improves imaging bandwidth, increasing the effective range of imaging frequencies
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Figure 1.1: Sectioned view of a single element ultrasound transducer. Blue (top layer) is the
matching layer, yellow (center layer) is the piezoelectric ceramic, white (bottom layer) is the backing
layer. The transducer is surrounded by a casing. The matching layer is quarter wavelength thickness.
The piezoelectric ceramic is a half wavelength resonant thickness.

the transducer can use and improving overall image quality [5, 6, 7]. The acoustic impedance

of the piezoelectric ceramic (approximately 30 MRayls) is also very different from that of

tissue (1-2 MRayls). If this difference in impedance is not matched, image quality is degraded

due to ring down, energy transfer is inefficient, and transducer heating can occur. To overcome

these issues, a quarter wavelength thick matching layer is applied to reduce the impedance

mismatch between the transducer and the tissue [7].

1.2.2 Capacitive Micromachined Ultrasound Transducers

An alternative ultrasonic transducer technology to piezoelectric ceramics is the capacitive

micromachined ultrasound transducer (CMUT). A CMUT is created by suspending a thin

silicon membrane over a conductive substrate with a sealed vacuum gap in between. A typical

CMUT has a membrane with a radius on the order of 10-20 µm and vacuum gaps are as

small as 500 Å[8]. An electrode on the thin membrane and the conductive surface beneath

the vacuum gap act as a capacitor. As acoustic waves arrive at the membrane, it is deformed,

causing the capacitance of the device to change as the two electrodes oscillate towards and

away from each other.
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The research success of CMUTs has been due to the wide bandwidth, sensitivity, and

potential for easy integration with electronics [8]. The wide bandwidth operation of CMUTs

has made them extremely attractive for imaging applications [9], in some cases demonstrating

37% improvement in the -6 dB bandwidth over a commercial piezoelectric ceramic transducer

array [10]. The compact design and potentially lower cost for large scale production has also

led to the development of the CMUT for IVUS applications [11, 12, 13].

However, for prototyping applications CMUTs are limited because of the need to develop

masks for device fabrication. This process is time consuming and expensive, requiring careful

design of a series of masks in order to perform the microfabrication. This initial overhead

can limit the ability to design new transducers quickly. Comparison between the imaging

capability of CMUTs and piezoelectric transducers have also shown a limited penetration

depth for imaging, suggesting poorer sensitivity when compared to piezoelectric transducers

[14]. These devices have seen limited commercial success, with one commercial CMUT

ultrasound probe available as of the writing of this document [15].

1.3 Ultrasound Modeling

The design of an ultrasound system can be greatly enhanced by the use of models for system

design and debugging. Many modeling tools are currently in use in medical ultrasound. In

this dissertation, two of those ultrasound modeling tools will be used to design, illustrate the

functionality of, and debug the transducers that have been developed in this work. While the

focus of this dissertation is not on the development of ultrasound models, modeling tools were

a key to the completion of this work. In this section, these models will be briefly discussed.

1.3.1 Finite Element Modeling

Analytical models of ultrasound transducers have been developed to provide insight into

transducer electromechanical operation [16, 17]. By modeling ultrasound transducers as
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electrical analogs, these models provide an intuitive tool to guide piezoelectric ceramic param-

eter design and demonstrate the effects of matching and backing layers through closed loop

solutions [18]. However, these models do not offer the ability to model arbitrary geometries

or simulate nonlinear phenomena [19, 18, 20]. Through the finite element method, the partial

differential equations that model transducer phenomenon can be solved approximately at

the expense of computation, which has diminished as a barrier due to modern computing

capabilities.

In order to solve a problem through the finite element method, the governing equations

must be converted to a “weak” form in order allow the solution of the problem in a subregion

of interest (these are the finite elements). For these solutions to be valid, the model must be

sampled adequately, which requires careful selection of element sizing. Based on guidelines

found in the literature an element density of 8 - 20 elements per λ is adequate, with 20

elements per λ producing numerical dispersion errors less than 1% [18].

Boundary conditions are another critical component of any finite element model (FEM). If

the appropriate boundary is not applied, reflections from the boundary can return to the

region of interest, creating spurious results. In order to prevent this, boundary conditions

that simulate a continuous medium are applied, usually in the form of absorbing boundary

conditions. An absorbing boundary condition damps the incident waves to minimize reflections.

To reduce the computation time and memory requirements, symmetry boundaries, which

mirror a model across the boundary plane, can be applied to the model. Depending on

whether a symmetry boundary is applied in 1 or 2 dimensions, this can reduce the model area

and complexity by 2 or 4 fold, respectively. In addition, limiting the region of piezoelectric

computation is important to prevent an unnecessarily large and computationally intensive

FEM.
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Though a powerful tool for simulating ultrasound transducers and acoustic wave propa-

gation, FEA does have some disadvantages. Ultimately, a FEM is only as accurate as the

material properties and geometry that were used to build it. This means that careful charac-

terization of materials either through experimental methods or a review of the manufacturers’

data sheets is needed to ensure accurate material properties and therefore an accurate FEM.

Incorrect results are also easy to produce if the user does not have an understanding of the

finite element method or acoustics. To an inexperienced user, results from a model that has

not converged completely or does not have appropriate boundary conditions can appear to be

the sought solution. Finally, the computational cost and time represent a large investment of

resources (though the importance of this has largely diminished as previously stated).

1.3.2 FIELD II Modeling

Ultrasonic radiation models provide a tool for simulating ultrasound systems, evaluating

transducers, and testing waveforms. A long history of ultrasound transducer models exists

to provide insight into the beam profiles and radiation patterns of ultrasound transducers

[21, 22]. The model and software developed by Jensen provide a quick simulation tool for the

pulsed pressure field of an ultrasound transducer [23]. By breaking an arbitrary transducer

surface into many small rectangles and assuming that the distance from the elements to a

calculated field point is within the far-field of the element, Jensen’s method is able to quickly

and accurately simulate the radiation patterns and pulsed pressure fields for arbitrarily

shaped transducers [24].

While this modeling technique cannot be used to characterize an ultrasound transducer’s

absolute acoustic output or transfer function as in FEM, FIELD II provides a quick method

to evaluate the beam patterns and relative acoustic outputs of an ultrasound system. This

software has been used to demonstrate the effects of transducer geometry on diagnostic bone

imaging [25], to demonstrate the improvements in signal to noise ratio provide by pulse
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coding methods [26], and to estimate the resolutions and beam profiles of many ultrasound

transducer designs [27, 28, 29]. FIELD II will be used throughout this dissertation to evaluate

ultrasound transducer radiation patterns.

1.4 Ultrasound Contrast Agents

1.4.1 The Microbubble

Microbubbles are an ultrasound contrast agent (UCA), comprised of a polymer, albumin, or

lipid shell surrounding a gas core, with diameters less than 10 µm, and typically in the range

of 1-4 µm. The use of insoluble gases, such as perfluorobutane (PFB), improves microbubble

stability and circulation times, enabling the microbubbles to pass through the blood stream

more than once [30]. Due to the difference in compressibility between the surrounding

medium and the microbubble’s gas core, these UCAs are highly echogenic. When insonated,

microbubbles expand and contract, creating a highly non-linear response to ultrasound [31].

At low mechanical index (MI), these nonlinear echoes are distinct from the largely linear

echoes of tissue, enabling microbubble specific imaging techniques such as pulse inversion

(PI), contrast pulse sequence (CPS), and transmit low receive high (TLRH) to separate the

microbubble and tissue signals [32, 33, 34].

Microbubbles have demonstrated utility for enhancing ultrasound contrast in clinical

applications. The initial clinical use of microbubbles was left ventricular opacification,

enabling better visualization during echocardiography [35]. Microbubbles have since been

used to assess perfusion, microvascular density, and heart wall motion abnormalities [31].

Moving beyond current clinical applications, molecularly-targeted microbubbles present the

opportunity for real time in vivo molecular imaging [36]. Molecularly-targeted microbubbles

have been demonstrated in applications including the detection of inflammation [37, 38],
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(a)

(b)

Figure 1.2: Sonoporation illustration. (a) Microbubbles accumulated on cell membrane. (b)
Transient microbubble and ultrasound induced cell membrane permeabilization. Red lines indicate
drug or plasmid entering the cell due to sonoporation. If the appropriate ultrasound conditions
are applied, this permeabilization is reversible, and the cell membrane will reseal when ultrasound
application is terminated.

angiogenesis [39, 40], and atherosclerosis [41, 42]. Molecularly-targeted microbubbles exhibit

adhesion and improved accumulation as compared to plain microbubbles under high shear

flow conditions in flow phantoms and in vivo [38, 43]. This demonstrates the potential of

molecularly-targeted microbubbles to provide molecular imaging capability across a range of

physiological flow rates.

1.4.2 Therapeutic Microbubbles

The combination of microbubbles and ultrasound has been repeatedly demonstrated to

transiently permeabilize the cell membrane, as illustrated in Figure 1.2, enhancing uptake

of molecules [44, 45]. Application of ultrasound in the presence of microbubbles and a

therapeutic agent simultaneously increases cell permeability and releases the therapeutic

agent at the precise location of disease while achieving enhanced therapeutic agent delivery

relative to treatment with ultrasound and therapeutic agent without microbubbles [46].

Increasing acoustic pressure promotes unstable microbubble cavitation, which enhances cell

permeabilization but decreases cell viability [47, 48].
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Drug-loaded microbubbles have also been developed, providing enhanced drug delivery.

Therapeutic microbubbles have been prepared through methods such as loading a molecule

directly into the shell [49], using microbubbles to target the rupture of liposomes bearing

a therapeutic molecule [50], or co-injecting the microbubbles and therapeutic for delivery

[51]. Both drugs and genes have been loaded on microbubbles, producing therapeutic

microbubbles to treat indications ranging from atherosclerosis to brain cancer [52, 53]. By

loading microbubbles with plasmids and applying ultrasound, localized gene delivery has

been demonstrated to enhance angiogenesis following ischemia [54], control of the insulin

secretion by delivering rat insulin 1 promoter genes to the pancreatic islets [55], and enhanced

delivery of reporter genes [56, 57, 58, 59]. The coupling of plasmid bearing nanoparticles

to the microbubble has resulted in enhanced reporter gene delivery to rat skeletal muscle

with ultrasound application [60]. Microbubble and ultrasound enhanced drug delivery has

also shown great promise, particularly with the delivery of chemotherapeutics across the

blood brain barrier [52] and within the vasculature [61], as well as antiproliferatives for the

prevention of neointimal formation following balloon injury [62].

1.4.3 Acoustic Radiation Force

When a low amplitude, high duty cycle ultrasound pulse is applied to a microbubble, a

phenomenon known as acoustic radiation force (ARF) takes effect. Under these conditions,

the acoustic energy of the traveling ultrasonic wave is imparted on the microbubble, creating

two forces on the microbubble. The primary ARF displaces the microbubble away from the

acoustic source. The primary acoustic force on the microbubble is characterized as

F = −〈V∇P 〉 (1.3)

where F is the force on the microbubble, V is the volume, and ∇P is the pressure gradient

experienced by the microbubble. The traveling acoustic wave creates a pressure gradient that
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displaces the microbubble away from the acoustic source.

However, clinical microbubble dispersions have concentrations that are greater than 106

MB/mL. At these concentrations, the secondary ARF, an attractive force that occurs between

microbubbles, takes effect when an acoustic pressure wave is applied [63]. The secondary

ARF for two microbubbles in water has been modeled by Dayton et al. [64] as

Fs =
−2πρ0

9
(ωPA)2κ21

R3
1R

3
2

r20
(1.4)

where Fs is the secondary ARF, ρ0 is the density of the medium, ω is the ultrasound frequency,

PA is the pressure amplitude, κ1 is the microbubble compressibility, R1 and R2 are the radii

of microbubbles 1 and 2, and r0 is the distance between the microbubble centers. It is

apparent that as the distance between microbubbles decreases, the secondary ARF between

microbubbles increases. For this reason, secondary ARF is only prominent in concentrated

microbubble dispersions. For microbubble center to center distances smaller than 100 µm,

this force becomes prominent [64].

Microbubbles can be localized to a region of interest using ARF to overcome obstacles

to microbubble localization such as flow or flotation. Rychak et al. demonstrated ARF to

enhance targeted microbubble adhesion under flow with high shear forces [43]. Patil et al.

used ARF to overcome preferential delivery to one side of the blood vessel by applying an

ARF pulse sequence during imaging [65]. This ability to localize microbubbles, coupled with

localization of sonoporation determined by the ultrasound beam width can be used to localize

therapeutic delivery.
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Figure 1.3: Theoretical acoustic attenuation in tissue. (a)Penetration depth of ultrasound waves
at different frequencies in fat. Trancutaneous ultrasound imaging with clinical scanners occurs at
frequencies <10 MHz. IVUS imaging occurs at frequencies >20 MHz. (b)Attenuation coefficients
for three tissues with varying frequency.

1.5 Intravascular Ultrasound (IVUS)

IVUS is a high frequency, catheter based ultrasound imaging method that provides high

resolution cross sectional images of the vasculature. IVUS transducers come in two forms,

mechanically rotated single elements, which rely on a motor turning a torque cable in the

catheter to rotate the transducer element to image 360◦, or solid state array systems, which

use small form factor ultrasound arrays to steer the beam and image the full circumference

of the vessel. While mechanically rotated IVUS transducers provide higher frequencies and

therefore better resolution, solid state arrays do not rely on the torque cable, which can cause

non-uniform rotational distortion. Solid state arrays also have the potential for higher frame

rates because they are not dependent on rotation to image the entire vessel circumference.

One of the limitations of center frequency selection, and therefore resolution, of transcu-

taneous ultrasound transducers is the penetration depth of a particular frequency. When

frequency increases, the attenuation of the acoustic waves traveling through tissue also

increases, as illustrated in Figure 1.3(a). These plots illustrate the limited penetration depth
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of high frequency ultrasound imaging. The increase in attenuation with frequency is linear

for some tissues (e.g. fat, heart, and muscle) and nonlinear in other tissue (e.g. breast, brain,

blood, kidney) as illustrated in Figure 1.3(b). By transmitting and receiving ultrasound from

within the body, IVUS is able to use high frequencies (> 20MHz) without being inhibited

by the low penetration depth commonly associated with these frequencies [66, 67]. This

advantage of IVUS has lead to continuing improvements in IVUS center frequencies with

recently developed single element IVUS transducers capable of frequencies as high as 80 MHz

[66]. Because the transducer is positioned in the vessel and the acoustic energy does not need

to traverse many layers of tissue to reach the tissue of interest, such high frequencies can be

used to provide high resolution images of the vessel wall.

In the clinic, these high resolution, cross sectional images of the vessel enable the clinician

to view vessel anatomy and diagnose arterial diseases in ways that noninvasive imaging

modalities cannot. IVUS allows accurate measurement of the lumen diameter [68, 69] and

examination of the deployment of stents for improved outcomes [70, 71].

IVUS can also be used to characterize plaque in the vasculature, determining the composition

and allowing the physician to evaluate plaque vulnerability to rupture with virtual histology.

This technology uses the frequency content of the received ultrasound signal to characterize

the material properties of the vessel wall, determining the composition of the vessel wall (i.e.

plaque, normal tissue)[72, 73]. The ongoing development of molecularly-targeted ultrasound

contrast agents also presents the opportunity for molecularly-targeted imaging with IVUS

[41]. Molecularly-targeted UCA can provide a unique opportunity to not only characterize

plaque using molecular markers, but also achieve targeted delivery of therapies to treat the

detected disease [42].
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1.6 Dissertation Overview

This dissertation develops an IVUS platform for microbubble-based drug delivery. IVUS

transducers for microbubble-based drug delivery are designed using FEA and an experimentally

verified microbubble displacement model. Simulated transducers are fabricated and evaluated

using conventional ultrasound transducer characterization methods and less conventional flow

phantom and ex vivo artery experiments.

Chapter 2 explains the design and fabrication of a low frequency IVUS transducer using

lateral mode excitations with FEA. Material selection is discussed and simulations are

performed to justify piezoelectric ceramic selection. The catheter-based transducer is evaluated

using flow phantom experiments and conventional ultrasound transducer characterization

methods. Chapter 3 carries the research of Chapter 2 forward by developing a more reliable

IVUS transducer specifically for microbubble displacement. This elongated transducer element

is designed using FEA and tested using flow phantom experiments. Following fabrication,

simulated and measured acoustic outputs of the transducer are compared. The measured

outputs are then used to improve the FEA and the model is used to better understand the

operation of the fabricated transducer. Chapter 4 explores the use of lateral and thickness

modes together in one transducer to create dual frequency IVUS transducers for imaging and

microbubble-based drug delivery. In Chapter 5, two of the multifunction IVUS transducers

are used to perform microbubble-based drug delivery in vitro, ex vivo, and in vivo. Through

an ex vivo swine carotid artery model, acoustic parameters are evaluated to determine the

importance of the ratio of ARF to sonoporation pulses. An in vivo swine model is used to

validate the IVUS and microbubble drug delivery system developed in Chapters 4 & 5.



Chapter 2

Low Frequency IVUS Transducer

Design

2.1 Background

The gap between the capabilities of commercial IVUS transducers and the requirements of

therapeutic ultrasound transducers was introduced in Chapter 1. Within the sonoporation

literature, it has been shown that low frequencies (≤5 MHz) are more effective for inducing cell

permeabilization with microbubbles [47, 74, 75]. Rahim et al. evaluated varied contrast agent

concentration, peak to peak acoustic pressure, pulse repetition frequency (PRF), and duration

of insonation to determine the effects on gene delivery in Chinese Hamster Ovary cells [75].

In this study, it was observed that higher acoustic pressures resulted in much greater gene

delivery and decreased cell viability. Extending PRF and exposure duration did improve gene

delivery slightly, but also resulted in decreases in viability. In similar experiments, Karshafian

et al. evaluated the effect of ultrasound frequency on permeabilization and sonoporation by

delivering FITC-dextran molecules to murine fibrosarcoma cells in vitro [47]. The results

demonstrated that as frequency is decreased, there is an increase in the number of cells

permeabilized. Again, there is a commensurate decrease in cell viability with the increase

16
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in cell permeability. In order to analyze the benefit of each configuration, therapeutic ratio

(TR) was adopted as a measure.

TR =
cells reversibly permeabilized

cells irreversibly permeabilized
(2.1)

With this measure, Karshafian et al. showed that higher therapeutic ratios are achieved at

2 and 5 MHz than at 0.5 MHz, and that the peak therapeutic ratio at 5 MHz matches the

value at 2 MHz. While more recent studies have suggested that this increase in cell death is

unique to in vitro experiments and may not occur in vivo, this increase in cell death should

be taken into account for safety [76, 77]. Potential explanations for the difference in cell

viability in in vitro and in vivo experiments include improved cell adhesion under flow [78] or

the differences in extracellular structures found in vivo that may prevent the dislodging of

cells.

Intravascular delivery of therapeutic microbubbles must be designed with the resonant

frequency of the microbubble in mind. By operating at or near the microbubble’s resonant

frequency, the greatest ARF displacements and changes in microbubble radius can be induced

[79, 80]. In general, ARF is necessary for successful delivery of therapeutic and molecularly-

targeted microbubbles with an IVUS system. Once a microbubble is localized, a larger change

in radius is more likely to cause the microbubble to fragment and release the contents of its

lipid shell, potentially enhancing delivery [81, 82]. The resonant frequencies of microbubbles

generally fall within the range of frequencies that are effective for sonoporation [83, 84], but

are ultimately dependent on the size and composition of the microbubble [85, 82, 86].

The design of an IVUS transducer for microbubble-based drug delivery requires a small

form factor. Typical IVUS catheters for coronary applications are approximately 1 mm in

diameter and as large as 2.7 mm for peripheral arteries, as shown in Table 2.1. These size

constraints limit the dimensions of a therapeutic IVUS transducer. As discussed in Section 1.2,
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Table 2.1: Properties of selected commercial imaging IVUS transducers. Diameter is specified in
French (Fr) which is 1

3 mm.

Catheter fc (MHz) �(Fr) Transducer Type
Volcano Revolution 45 3.2 Mechanically Rotated Single Element

Boston Scientific Atlantis 40 3.2 Mechanically Rotated Single Element
Volcano Eagle Eye Gold 20 3.5 Solid State
Volcano Visions PV 8.2 10 8.2 Solid State
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Figure 2.1: Transducer center frequency with varying piezoelectric ceramic thickness for a 5 mm
square PZT5H transducer. As thickness is increased, the resonant frequency of the transducer
decreases.

conventional transducer designs use the piezoelectric ceramic thickness to determine the

transducer’s center frequency. As transducer thickness increases, the center frequency

decreases in this design method, as presented in Figure 2.1. Assuming a square cross section

for the transducer, the width and thickness can be 707 µm and fit within a 1 mm diameter

catheter. In order to complete the transducer, a backing layer, sealing layer, and electrodes

are required. Assuming this takes up to 400 µm thickness, the device is constrained to 307

µm thickness. At this thickness, the transducer center frequency will be 6.8 MHz. This sets

the minimum available center frequency to 6.8 MHz, severely limiting the ability of these

devices to enhance therapy when combined with microbubbles.
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Although conventional medical imaging transducers use the piezoelectric ceramic thickness

to control center frequency, the lateral dimensions also affect center frequency. Using the

appropriate dimensions (for example, a thin plate design) conventional ultrasound transducers

force lateral modes from the width and length dimensions to occur at frequencies much lower

than the thickness mode center frequency. This prevents competition within the operating

bandwidth and enhances the acoustic output at the thickness mode center frequency. In

addition, piezoelectric ceramic poling enhances coupling in the thickness mode, ensuring that

most of the acoustic energy is output in this mode. This also minimizes competing modes

and provides for a distinct resonant frequency.

However, the use of competing lateral modes can provide acoustic output adequate for

therapeutic IVUS. In work presented by Herickhoff, lateral mode excitations were used to

provide a catheter capable of acoustic thermal ablation [87]. Using an elongated element

to improve the impedance characteristics of this transducer and output up to 700 mW was

demonstrated, as well as temperature increases up to 19◦C measured in mouse glioblastoma.

Images were also collected using the transducer to demonstrate the ability to guide therapy.

Commercially available therapeutic ultrasound catheters offering low center frequencies are

available from ReCor and EKOS. The EKOS catheter is designed for sonothrombolysis. Using

a series of cylindrical piezoelectric ceramic elements, the MACH4 insonates the surrounding

vessel (or thrombus within the vessel) while an anti-thrombolytic drug is infused through the

catheter. This enables up to a 70% decrease in thrombolytic drug required for treatment,

according to the manufacturer [88]. The ReCor Paradise system is still undergoing clinical

trials in South Africa and Europe, but is an unfocused ultrasound transducer that performs

renal denervation [89]. Since both of these devices use radially transmitting transducers, they

are unable to circumferentially localize therapy. Further, these products are not designed or

validated for microbubble displacement and delivery, although the EKOS system has been

used to displace microbubble-stem cell conjugates in the aorta [90].
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In this chapter, FEA will be used to design a low frequency IVUS transducer for microbubble-

based drug delivery. This design will lay the foundation for additional transducer designs for

microbubble-based drug delivery. While the frequency of lateral mode operation is determined

by the lateral dimensions and the speed of sound in the piezoelectric ceramic (similar to the

thickness mode) the interaction between these two modes becomes prominent and creates

more complex frequency spectra in IVUS designs, limiting the usefulness of circuit models

of transducers. The advantages and disadvantages of this approach will be made apparent

through simulation. A prototype transducer using lateral mode excitation has been designed

and fabricated. This IVUS transducer’s operation for microbubble displacement and model

drug delivery will be demonstrated in both gelatin flow phantoms and ex vivo swine arteries.

2.2 Methods

2.2.1 Finite Element Analysis of Lateral Mode Excitation

To illustrate the change in transducer spectra due to the presence of lateral modes, PZT5H

plates of varying width were simulated using the Wizard functionality of PZFlex FEA software

(Weidlinger Associates Inc., Mountain View, CA, USA). Each model consists of a 307 µm

thick PZT5H ceramic plate in water with width and length dimensions of 1 mm, 2.5 mm, or

5 mm.

FEMs of an IVUS transducer were prepared using PZFlex. The 3-D model consisted of a

backing layer, piezoelectric ceramic, and sealing layer. Symmetry boundaries were applied

in the positive x and z dimensions to reduce computation complexity. Absorbing boundary

conditions were placed at the -x, -z, -y, and +y boundaries to prevent reflections generated

along the model edges from corrupting the acoustic results. Model parameters were selected to

enable both quick computation and accurate results, as specified in previous work evaluating

the settings for FEMs of ultrasound transducers [18]. The FEM grid spacing was λ/20 in



2.2 Methods 21

Table 2.2: Finite element material properties

Material cl (m/s) cs (m/s) ρ (g/m3)
Water 1540 0 1000

Silver Epoxy 1900 950 2500
Hard Epoxy 1800 800 1150

both the x and y dimensions, with a maximum frequency of 5 MHz. The transducer assembly

was modeled in a nonlinear water medium in order to account for any nonlinear propagation

effects. The transducer assembly was a PZT5H plate, with silver epoxy electrodes on top

and bottom. Additional silver epoxy provided a backing layer for the transducer. The entire

assembly was surrounded by hard set epoxy to seal the device. Material properties for the

backing, sealing, and piezoelectric ceramic layers are presented in Table 2.2.

The transducer was excited with a 1.5 MHz center frequency, 100% fractional bandwidth

Gaussian pulse in order to evaluate the frequency spectrum in the range of interest. In

order to improve model efficiency, a Kirchoff extrapolation boundary was applied around the

transducer model itself. Using an extrapolation boundary, output pressures and spectra can

be measured for locations outside of the model grid. In this simulation, the surrounding water

boundaries of the model were limited to 1 mm outside the transducer, but with Kirchoff

extrapolation, acoustic output was measured 2 mm from the transducer face. Kirchoff

extrapolation was used to simulate the beam profile for the IVUS transducer 2 mm from the

transducer face.

In order to evaluate different piezoelectric ceramic options, simulations were performed

using a 2-D FEM geometry to determine a design that would yield the greatest output

near the desired resonant frequency of 1-2 MHz while within the transducer dimensional

constraints. The model geometry was kept constant and the material definition for the

piezoelectric ceramic element was changed for each simulation. Four materials were evaluated

using FEA, in order to explore a range of piezoelectric ceramic options (Table 2.3). In order

to evaluate these materials, three parameters of interest are evaluated. The first was the
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electromechanical coupling coefficient, which is defined as

k2 =
Econverted
Einput

(per cycle) (2.2)

The electromechanical coupling coefficient indicates how well a material converts electrical

energy to mechanical energy within one excitation cycle, resulting in a measure of transducer

ring down time rather than efficiency. In order to maximize both the conversion from electrical

to mechanical energy and back, a high electromechanical coupling coefficient is desired. In

order to exhibit a significant piezoelectric response, piezoelectric ceramics must be poled.

Poling is a process whereby a DC electric field is applied to the ceramic to force the dipoles

into alignment and enhance the piezoelectric response of the ceramic. However, the Curie

temperature (TC) is a temperature which if passed in the ceramic will result in depoling of

the ceramic. This depoling process results in a loss of piezoelectric properties that can simply

cause a decrease in acoustic output or, in extreme cases, the loss of transducer resonance.

For this reason, a high TC is desirable. The final property, is the dissipation factor (tanδ),

which is a measure of the dielectric energy losses in the resonator. Energy lost in this manner

can induce heating and device failure, making low tanδ a desirable property.

The first ceramic, PZT5H, is the most commonly used lead zirconate titanate (PZT)

ceramic for imaging applications. This ceramic has balanced properties, with a moderate TC ,

fairly high k33, and relatively high tanδ. PZT4 is termed a “hard” ceramic, with a higher

TC , low tanδ, and lower k33 than PZT5H. PbTiO3 is commonly used for single element

ultrasound transducers and is a highly stable material, due to the high TC and low tanδ.

However, PbTiO3 also exhibits a low coupling coefficient compared to PZT ceramics, making

it unsuitable for imaging applications due to narrow transducer bandwidths. PMN-PT is a

single crystal ceramic, which provides a high k33 and excellent sensitivity. However, single

crystal ceramics are known to be brittle, have low TC , and higher tanδ than PZT4.
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Table 2.3: Properties of selected piezoelectric ceramics

Ceramic k33 TC(◦C) tanδ(%)
PZT5H[91] 0.75 225 2.0
PZT4 [92] 0.69 320 0.4

PbTiO3[93] 0.4 400 1.4
PMN-PT[94] 0.9 90 0.5

The aforementioned ceramics were excited by a 0.5-10 MHz chirp function to measure the

response over a wide frequency range. The FEM grid spacing was λ/20 in both the x and y

dimensions, with a maximum frequency of 10 MHz. Absorbing boundaries were established

on all four sides of the model.

2.2.2 IVUS Fabrication and Characterization

PZT5H ceramic (3203HD, CTS Corporation, Albuquerque, NM, USA) was diced into

1 mm squares using a dicing saw (DAD 3220, DISCO Hi-Tec America Inc., Santa Clara,

CA, USA). 1.56 mm diameter tubing was cut to accommodate the transducer ceramic. A

backing layer of non-conductive epoxy (RE2039/HD3561, Henkel Corp., City of Industry,

CA, USA) 0.2 mm thick was cured in the tube at 60◦C for 3 hours. A thin layer of silver

epoxy (approximately 350 µm thick) was spread on the non-conductive epoxy layer and a

piece of magnet wire was placed in the silver epoxy. The ceramic square was placed in the

silver epoxy and the assembly was cured at 60◦C for 3 hours. A non-conductive layer was

cured on top of the silver epoxy, another magnetic wire and silver epoxy (approximately

350 µm thick) was placed on top of the ceramic to provide an electrical connection to the

top electrode. A layer of RE2039 epoxy sealed the device. A photograph of a completed

transducer is shown in Figure 2.2.

Following fabrication, transducer impedance was measured with an impedance analyzer (HP

4194, Hewlett-Packard, Palo Alto, CA, USA). A water tank was filled with deionized water

and degassed overnight. Transducers were aligned in the water tank with a hydrophone (HGL-
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Figure 2.2: Photograph of a completed IVUS transducer. Scale bar = 1 mm

0085, Onda Corporation, Sunnyvale, CA, USA) using a motion stage (ESP 300, Newport

Corporation, Irvine, CA, USA). An oscilloscope (LC334, LeCroy, Chestnut Ridge, NY, USA)

captured the measured output of the hydrophone. Data was extracted from the oscilloscope

via GPIB and processed with MATLAB (Mathworks Inc, Natick, MA, USA). MATLAB

software controlled the motion stage and oscilloscope as the transducer was positioned and

the acoustic signal received by the hydrophone was captured in order to collect a transducer

beam profile. The transducer’s frequency profile was measured by exciting the transducer

with a 100 percent fractional bandwidth, 3 MHz center frequency Gaussian pulse. Transducer

input signals were generated with an arbitrary function generator (AWG2021, Tektronix Inc.,

Beaverton, OR, USA) and 50 dB RF amplifier (ENI325LA, ENI, Rochester, NY, USA).

Transducer characterization data was processed offline using MATLAB software. Transducer

transfer functions were estimated by performing frequency domain division of the normalized

received acoustic signal and excitation pulses. Transducer beam profiles were determined by

selecting the peak negative presssure (PNP) at each position and normalizing to the greatest

value.

2.2.3 Microbubble Acoustic Radiation Force Displacement

Gelatin agar flow phantoms were prepared with vessel mimicking channels 4.5 mm in

diameter and coated with S0677 streptavidin (Sigma Aldrich, St. Louis, MO, USA) to



2.2 Methods 25

(a) (b)

Figure 2.3: Flow phantom apparatus used for microbubble translation under IVUS ARF experi-
ments [95]. (a) Without the IVUS transducer to displace the microbubbles, the Sonix RP causes
accumulation of microbubbles on one side of the channel. The SonixRP ultrasound scanner performs
both PI imaging and ARF translation with a linear array transducer. (b) A single element catheter
inserted into phantom channel translates microbubbles to cause microbubble adherence to the top
of the channel wall.

evaluate catheter performance under flow, as illustrated in Figure 2.3. A dispersion of

Targestar-B biotinylated microbubbles (Targeson Inc, San Diego, CA, USA) was prepared

to a concentration of 4.1x106 MBs/mL. A syringe pump (PHD 2000, Harvard Apparatus,

Holliston, MA, USA) pulled the dispersion of microbubbles from the distal to proximal end

of the catheter (right to left in Figure 2.3) into the channel at a velocity of 31.4 mm/s.

Throughout the experiment, an ARF and PI imaging sequence was applied using the SonixRP

(Ultrasonix, Richmond, Canada) with a linear array [95]. The ARF pulse displaced the

microbubbles to the bottom of the channel, preventing microbubble flotation, as shown in

Figure 2.3(a). The IVUS transducer was then excited by a 1-6 kHz PRF 80 kPa PNP, 30 µs

1.5 MHz center frequency Gaussian ramped sinusoidal pulse, displacing microbubbles within

the beam of the IVUS transducer to the top of the channel. All imaging and microbubble

displacement was performed at a center frequency (fc) of 8 MHz.

Following the experiments, data was processed using MATLAB software. Summing the two

inverted pulses of the PI imaging sequence allows the nonlinear scattering of microbubbles to
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be differentiated from the linear scattering of the tissue-mimicking phantom. After summing

the PI pulses, a slow time averaging filter was applied to reduce the signal from non-adherent

microbubbles [96, 95]. A region of interest was selected in each slow time filtered video, and

the change in average RF intensity for the region of interest was measured over time. The

exponential decay function specified in Equation 2.3 was fit to each RF intensity curve and

the resulting coefficients (A,τ) were averaged to measure the effect of PRF on microbubble

accumulation.

RFaverage = A(1− e−t/τ ) (2.3)

In order to evaluate the ability of the IVUS to destroy microbubbles following accumulation,

a second sequence of experiments using the same apparatus was performed. The IVUS ARF

pulse was turned off after approximately 20 s of operation. Then a 1 kHz PRF 120 kPa

Gaussian pulse was applied to burst the microbubbles that were adherent to the channel wall.

2.2.4 Model Drug Delivery

Following flow phantom experiments, recently harvested swine carotid arteries were placed

in room temperature physiological saline solution (PSS) bath while Luer lock fittings were

attached to each end of the carotid artery. Tubing was then connected to the Luer lock

fittings to flow a dispersion of microbubbles in 40-45% hematocrit blood through the arteries.

Microbubble concentration in blood was 8x106 MB/mL. A hydrophobic fluorescent marker

(DiI) was embedded in the microbubble shell in order to model drug delivery [49]. Using a

similar apparatus to the flow phantom experiments, the IVUS catheter was inserted into

the artery and the linear array was positioned above the artery using the PSS as a coupling

medium. The SonixRP and linear array provided image guidance and prevented microbubbles

from floating to the upper vessel wall. For 30 s, the IVUS was pulsed with a 1.5 MHz center

frequency, 30 µs Gaussian ramped sinusoid with an 80 kPa PNP at 2 mm and 10 kHz PRF.
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Following the 30 s of translation, a 1.5 MHz center frequency, 20% -6dB fractional bandwidth

Gaussian with a 120 kPa PNP at 2 mm, and 1 kHz PRF was used to destroy the microbubbles,

releasing the DiI and inducing sonoporation. The translation and destruction pulses were

performed three times to deliver the DiI to the vessel wall. After each one minute treatment,

the artery was flushed with phosphate buffered saline (PBS) and the microbubbles were

subjected to a destruction sequence from the external linear array to prevent microbubble

accumulation due to flotation.

Treated arteries were fixed in 4% paraformaldehyde solution for 24 hours, stored in a 30%

sucrose solution for up to 24 hours, and frozen in Optimal Cutting Temperature (OCT)

compound to prepare for frozen sectioning. Sectioned arteries were imaged with a fluorescent

microscope (TE300, Nikon, Melville, NY) using an excitation wavelength of 510 nm to detect

DiI uptake. Images were analyzed in ImageJ (NIH, Bethesda, MD) to determine average

intensity, along the vessel wall by dividing the vessel wall into 46 µm x 42 µm segments.

Segments were averaged along the artery wall, yielding 10 samples for each image, which were

analyzed to determine the average fluorescence measured in arbitrary intensity units for each

treated region. Three artery segments were analyzed, one in a control region without DiI

delivery, and two “treated” regions along the same artery segment that received DiI delivery,

located 180◦ from one another. The resulting average intensity in the control region was

used to calculate the increase in fluorescence intensity from background for the two treated

regions, measured as a fold increase.

2.2.5 Statistical Analysis

A student’s t-test was used to compare the fluorescence intensity in the treated vs. untreated

regions of the ex vivo arteries. Analysis of variance (ANOVA) was applied to determine

significance among the group of PRFs used to displace microbubbles in the flow phantom

experiments. A p <0.05 was considered significant.
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Figure 2.4: Transducer spectra when adjusting lateral dimensions for a 307 µm thick PZT5H
ceramic plate. As the transducer’s lateral dimensions are decreased, a lateral mode becomes
prominent at 2 MHz, ultimately competing with the thickness mode at 7 MHz.

2.3 Results

2.3.1 Finite Element Analysis and Prototype Characterization

Figure 2.4 illustrates the shifting center frequency of a piezoelectric ceramic as the device

dimensions are adjusted to introduce lateral modes. The decreasing width of the ceramic

plate caused lateral modes that were not prominent and effective in the operating range of

the thin plate ( 5 mm square ) to appear. When a 1 mm square ceramic plate is modeled,

the lateral mode at 2 MHz becomes the dominant transducer mode.

A comparison of the results of the four piezoelectric ceramic materials modeled is presented

in Figure 2.5. The most promising ceramics based on these simulation results were the PZT5H

and PMN-PT ceramics. The wide bandwidth characteristics of the single crystal PMN-PT

are readily apparent from these simulations, making it a strong candidate for transmission

across a wide range of low frequencies. Both ceramics demonstrated superior performance in

the desired frequency range of 1-2 MHz, though PZT5H clearly has a lower bandwidth and

more distinct resonance. Ultimately, PZT5H was selected instead of PMN-PT because it has

a higher Curie temperature and is easier to machine.
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Figure 2.5: Simulated transmit amplitude spectra of four different ceramics from FEA.
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Figure 2.6: Simulated and measured transducer characterization. (a) Transfer function of the
simulated and fabricated transducer. (b) Measured acoustic output of the prototype transducer
measured 2 mm from the transducer.

The completed PZT5H transducer transfer function presented in Figure 2.6(a) resulted in a

center frequency of 1.49 MHz with a 56% -6 dB fractional bandwidth. This center frequency

matched well with the 1.42 MHz center frequency and the -6 dB fractional bandwidth of

64% of the simulated transducer. Output pressures from IVUS transducer prototypes were

as high as 200 kPa, as shown in Figure 2.6(b). A comparison of beam profiles also shows a

difference between the simulated and measured results, with experimental -6 dB beam widths

of 2.4 mm in the elevation and 3 mm in the azimuth dimension, and the simulated beam
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Figure 2.7: Experimental and FEA simulated beam profiles measured 2 mm from the transducer
face
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Figure 2.8: ARF microbubble displacement using a 1.5 MHz 30 µs Gaussian ramped sinusoid with
PNP = 80 kPa at 2 mm and PRF = 10 kHz. Example frames at (a) 3.7 s and (b) after microbubble
accumulation due to ARF at 41.6 s. Dynamic range = 25 dB.

width measured to be 2.6 mm, as shown in Figure 2.7.

2.3.2 Microbubble Acoustic Radiation Force Displacement

PRFs ranging from 1-6 kHz were evaluated for displacing microbubbles in the flow phantoms.

Images following PI and slow time filtering from a 3 kHz PRF experiment are shown in

Figure 2.8. In Figure 2.8(a), the channel with the IVUS transducer positioned in the
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Figure 2.9: Mean change in RF intensity during microbubble displacement in the region of interest
for (a) ARF displacement pulses only. (b) ARF displacement pulses followed by destruction pulses.

center is shown before microbubbles have been infused and ARF has been applied. 38 s

later, microbubbles have accumulated along the upper channel wall where the beam of the

IVUS transducer is present, as shown in Figure 2.8(b). Along the bottom channel wall in

Figure 2.8(b), where there is no IVUS ARF to push the microbubbles up, the SonixRP

displaces the microbubbles to the bottom channel wall. Representative averaged RF intensity

time plots are presented in Figure 2.9. Figure 2.9(b) demonstrates the transducer’s ability

to first displace the microbubbles to the vessel wall from 0-20 s and then destroy the

microbubbles afterwards with a higher amplitude pulse after 20 s. An increase in image

intensity initially occurs when the microbubble destruction pulse is applied from 20-30 s.

This may be due to shielding of microbubbles closer to the channel wall by microbubbles

closer to the IVUS transducer. After 10 s of the destruction pulse, the microbubbles closer to

the IVUS are destroyed, exposing the microbubbles at the channel wall to the full pressure of

the microbubble destruction pulse, causing the decrease in RF intensity measured after 30 s.

After completing 8-10 runs for each PRF, an exponential decay curve was fit to the average

RF intensity data set, as specified in Equation 2.3. Upon microbubble infusion and application

of the IVUS, image intensity in the region of interest above the IVUS transducer increased,
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Figure 2.10: Average fit parameters when PRF of the microbubble displacement pulse is varied.
(a) Time constant when varying PRF. (b) Peak RF intensity when varying PRF. (n≥8, displayed as
mean+S.D. #p<0.05 compared to 1 kHz, *p<0.05 compared to 1 kHz and 2 kHz)

as shown in Figure 2.9(a). The τ and peak average RF intensity for each curve fit was

then averaged for each PRF and plotted as shown in Figure 2.10. Significant variation of τ

across different PRFs was measured with one-way ANOVA, but no significant variation of

peak average RF intensity was measured. Figure 2.10(a) shows a decrease in time constant

with increasing PRF, indicating that the peak concentration of microbubbles is reached

more quickly with higher PRFs than lower PRFs. Figure 2.10(b) suggests that the greatest

accumulation of microbubbles occurs at a PRF of 2 kHz.

2.3.3 Model Drug Delivery

Fluorescence microscopy images were collected in the swine carotid artery in treated and

untreated regions, which are presented in Figure 2.11. The increase in fluorescence intensity

in the ultrasound beam and 180◦ from the ultrasound beam is plotted in Figure 2.12. The

region within the ultrasound beam has a significantly higher fluorescence intensity than 180◦

from the ultrasound beam. The significant increase in fluorescence intensity of 665% from

the untreated histological section was measured (Figure 2.11(a)) proximal to the transducer

to the treated region (Figure 2.11(b)) (p = 0.00026). Fluorescence intensity increased by
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(a) (b) (c)

Figure 2.11: Microscope images from the IVUS and microbubble-based DiI fluorophore delivery
in a swine carotid artery. (a) Untreated swine artery region. (b)Treated swine artery region
(c)Untreated swine artery region, 180◦ from (b).

Treated 0 Treated 180
0

2

4

6

8

10

A
v
e
ra

g
e
 I
n

c
re

a
s
e
 i
n

 F
lu

o
re

s
c
e
n

c
e
 I
n

te
n

s
it

y

Figure 2.12: Increase in fluorescence intensity along the artery wall, measured in Figure 2.11.
Results are significantly different according to student’s t-test with p<0.05.

166% from an untreated section located 180◦ from the treated region (Figure 2.11(c)) to the

the treated region (Figure 2.11(b)) on the same histological section (p = 0.035). The high

level of fluorescence in this untreated region of the same histological section is probably due

to acoustic energy leaking from the back of the transducer, which has an unfilled (i.e. low

acoustic loss) backing. Replacing this with a particle-filled backing could localize the effects

of the IVUS by reducing acoustic energy emanating from the backing of the transducer.
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2.4 Discussion

A low frequency IVUS transducer has been successfully designed using FEA. Lateral

dimensions were used to determine the transducer’s center frequency and the effect of ceramic

width on center frequency was demonstrated using FEA. By using the lateral dimensions of

the square piezoelectric ceramic element to determine the center frequency of the transducer,

small form factor, low frequency transducers can be designed. It is also important to note

that the 7 MHz thickness mode center frequency apparent for the 5 mm square piezoelectric

ceramic simulated in Figure 2.4 is still present in the frequency spectrum of the 1 mm square

element where the 2 MHz frequency becomes prominent. This can be used for dual frequency

transducer design, as will be discussed in Chapter 4. This will require a different shape for

the device, to prevent additional spurious modes, such as the spurious mode measured at 4

MHz in this example FEM. This method, also described independently by Herickhoff, has

the potential to produce multifunction transducers that provide both low and high frequency

output for therapy and imaging [87]. By using FEA, as compared to circuit models of

transducer operation, this work was able to characterize the lateral mode frequency, and as

will be shown in Chapter 4, the thickness mode frequency as well.

Different piezoelectric materials were evaluated for the transducer design including “soft”

and “hard” PZT, a single crystal piezoelectric ceramic, and PbTiO3. PZT5H was selected

based on the transmit output in the desired frequency range and Curie Temperature. Valida-

tion of a low frequency IVUS transducer has been demonstrated. FEA provided a tool to

evaluate piezoelectric ceramics for this application, enabling piezoelectric ceramic selection

without prototyping.

The final transducer design had a center frequency of 1.49 MHz, a close match to the

simulated center frequency of 1.42 MHz. The bandwidths of the transducers did not match;

the -6 dB fractional bandwidth of the fabricated device was measured to be 56%, while the
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simulated device was a 64%. The beam profile of the simulated device was between the

measured values for the azimuth and elevation beam profiles of the fabricated device. These

differences between the simulated and measured transducer spectra are likely due to slight

differences in the geometry and thicknesses of backing materials. The beam profile differences

may be accounted for due to the positioning of the transducer’s top electrode interconnect

directly on the transducer face, resulting in an asymmetric beam profile in both the azimuth

and elevation dimensions. Final output pressures up to 200 kPa were measured 2 mm from

the transducer face, which were demonstrated to be sufficient for microbubble destruction

and fluorophore delivery.

Flow phantom experiments were used to evaluate the ability of the IVUS transducer to

displace microbubbles under flow. The resulting image intensity time plots match previous

results shown by Patil et al. [95]. By evaluating the accumulation of microbubbles due to ARF

using PI imaging and slow time filtering, the best operating parameters under flow can be

selected. In this work, where microbubbles were displaced in deionized water, it was shown that

increasing PRF decreases the time to saturate the RF signal, due to accumulated microbubble

echoes. This suggests that increasing PRF can improve microbubble accumulation rates under

increasing flow rates, but not necessarily increase the number of accumulated microbubbles.

While a transcutaneous model for microbubble delivery and imaging, like the work of

Patil et al., offers the advantages of unlimited transducer dimensions and being noninvasive,

its primary shortcomings are the limited access to regions of the body obstructed by the

lungs and bone, and the inability to provide delivery along the entire vessel circumference.

These limitations do not exist for an IVUS transducer, which as previously mentioned is not

limited in its ability to treat the vasculature due to bone or lung. In addition, the ability

to mechanically rotate an IVUS transducer, as is done in commercial imaging catheters,

enables treatment of the entire vessel circumference. With a directional element, such as the
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transducer designed in this work, the ability to rotate provides the potential for localized and

well-targeted therapy along the vessel wall. This will be further demonstrated in Chapter 5.

The delivery of a model drug to ex vivo swine arteries was successful with the low frequency

IVUS transducer. The increases in fluorescence intensity between the untreated section of the

artery and the treated artery (665%) were found to be statistically significant. Circumferential

localization was also demonstrated, with the increase in fluorescence from the transducer face,

as compared to region 180◦ on the same cross section, also being significant (166%). This

demonstrates that IVUS designs using lateral modes can provide better control of localization

than radially transmitting intravascular ultrasound transducers that are currently available

for therapeutic ultrasound.



Chapter 3

Acoustic Radiation Force IVUS

Design

3.1 Background

Microbubbles were introduced as the most common ultrasound contrast agents in Sec-

tion 1.4.1. Previous research has shown that molecular targeting of microbubbles increases

affinity and specificity for a target [97]. Despite these enhancements, high shear flow condi-

tions limit large vessel microbubble accumulation [98]. In addition to the challenges presented

by flow, microbubbles float, resulting in preferential delivery due to blood vessel orientation

[95]. ARF has been applied to address these challenges. As discussed in Chapter 1, ARF

produces a pressure gradient that displaces the microbubbles away from the acoustic source

[99]. This acoustic phenomenon enhances microbubble localization and accumulation near

the disease site, while overcoming flow and preferential delivery due to flotation [99, 65, 43].

In order to provide microbubble localization, ARF specific ultrasound transducers have

been designed, which incorporate separate low frequency elements to stimulate lipid-shelled

microbubbles at the microbubble’s resonant frequency (typically less than 5 MHz) and image

at higher frequencies [100, 34, 101]. Although these transducers offer a non-invasive method

37
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for vascular therapy, microbubble localization along the entire vessel circumference requires

ultrasound application from multiple sides of the vessel, complicating microbubble imaging

and delivery. An even more fundamental limit of transcutaneous microbubble delivery is the

masking of regions of interest, such as the coronary artery, by lung or rib. This prevents

reliable access using transcutaneous ultrasound and therefore limits potential molecular

imaging and therapeutic applications.

In this chapter, which was published in the IEEE Transactions on Ultrasonics, Ferroelectrics,

and Frequency Control, an acoustic radiation force IVUS (ARFIVUS) transducer is presented

[102]. Microbubbles are translated to the wall of a flow phantom under flow velocities

comparable to the human common carotid artery (minimum velocity= 209 mm/s) or coronary

artery (minimum velocity = 44 mm/s, average systolic peak velocity = 107 mm/s [103,

104, 105]), for the purpose of enhancing intravascular microbubble binding efficiency and

drug delivery. Optimal ultrasound frequencies for microbubble displacement are predicted

with a microbubble ARF translation model, derived from prior work [79]. The design and

fabrication of the ARFIVUS that fits within the dimensional constraints of the coronary

artery is described in detail. A high speed “streak” (1D vs. time) camera is used to record

microbubble displacements that are then compared to the 1-D microbubble translation model

results. As a demonstration of the transducer’s operation under flow, video intensity is

monitored with a commercial IVUS transducer while the ARFIVUS displaces microbubbles

under flow velocities comparable to the human carotid artery.

3.2 Methods

3.2.1 Microbubble Acoustic Radiation Force Translation Model

An experimentally verified 1-D microbubble ARF translation model developed by Dayton

et al. [79] was implemented in MATLAB. This model was used to guide the design of both the
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center frequency and the element length of the ARFIVUS transducer. Microbubble translation

was simulated across center frequencies ranging from 0.1 - 15 MHz and microbubble radii

from 0.7 - 1.3 µm. Microbubbles were excited with PNP = 180 kPa and a pulse length

of 6.67 µs. A center frequency within the range of frequencies that provided the greatest

displacements of the microbubble population simulated was selected for the ARFIVUS (3

MHz). This selection was consistent with PZT lateral-mode transducer designs dimensionally

compatible with vascular applications (i.e. < 6F diameter catheter).

In order to design the length of the ARFIVUS, the effect of transducer length on the ARF

translations of microbubbles was simulated using the 1-D microbubble ARF translation model

and azimuthal beam profiles simulated with FEA. The diameter of the catheter constrained

the transducer width to <1 mm and axial transducer length was varied between 0.375 mm

and 5.050 mm (Figure 3.1B). A 2.2 µm diameter microbubble with a constant azimuthal flow

velocity of 40 mm/s was simulated. The normalized beam profile simulated at 2 mm depth

weighted the 20 cycle, 3 MHz center frequency Gaussian ramped sinusoid pulse, previously

used by Dayton et al. [79], with a maximum PNP = 180 kPa along the beam axis.

During the implementation and the test of the 1-D ARF model, a mistake in the friction

term of the force balance equation was discovered. This mistake was corrected based on

the original publication from Krishnan and Leighton [106]. The friction term was originally

applied by Dayton et al. to account for the small diameter of the capillary used in experiments

(3.3.1). The effect of this friction term on the model results was evaluated by reproducing

plots from the original publication with and without the friction term. For the frictionless

cases, the friction term was excluded by setting the coefficient of friction (µF ) equal to zero.

3.2.2 Finite Element Transducer Design

The center frequency of the ARFIVUS transducer was selected through iterative simulation,

using PZFlex finite element software (Weidlinger Associates Inc, Mountain View, CA, USA).
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Figure 3.1: ARFIVUS Transducer schematics and photograph. (a) Isometric view of the ARFIVUS
transducer schematic illustrating the piezoelectric ceramic subdicing used to control the transducer
center frequency. (b) Isometric view of the ARFIVUS transducer element schematic illustrating
dimensions. (c) Side view of the fabricated ARFIVUS transducer.

The piezoelectric ceramic selected for the transducer design was a “hard” Navy Type I PZT

ceramic, chosen for its high TC and low tanδ. The high TC and low tanδ are necessary

to provide reliable high duty cycle operation. The 3-D finite element model used quarter

symmetry and Kirchoff extrapolation in order to reduce simulation time. The simulated

piezoelectric ceramic was excited with a 3 MHz center frequency, 200% -6dB fractional

bandwidth Gaussian pulse. Grid dimensions in the region of the transducer were specified to

minimize dispersion errors in the FEA, resulting in a grid of 18.5 µm x 18.5 µm x 9.25µm

(λ/20 x λ/20 x λ/40) [18]. Surrounding the transducer in the water medium, a grid dimension

of 37 µm (λ/10) was used. Absorbing boundary conditions were established along the outer

model boundaries to prevent unwanted reflections (boundaries 1, 3, 4, and 5). The final

transducer was an elongated subdiced single element using a non-conductive epoxy filler



3.2 Methods 41

(ρ=1180 kg/m3, Vl = 2530 m/s, Vs = 1246 m/s) [107]. The transducer was designed to

promote lateral mode operation by the axial dimension of the subdiced transducer and

mitigate the risk of spurious modes. The model was validated by comparing the simulated

acoustic output to the experimental acoustic output from a fabricated prototype. These

results were later used to correct the FEM to better match the experimental results. The

final subdiced element design dimensions were 1 mm wide x 0.375 mm long, illustrated in

Figure 3.1(a).

3.2.3 IVUS Fabrication and Characterization

Transducer performance measurements were collected in deionized water using a capsule

hydrophone and 17 dB preamplifier (GL-0085, Onda Corporation, Sunnyvale, CA, USA).

The transducer was excited by a 3 MHz center frequency, 200% -6dB fractional bandwidth

(pulse length = 0.38 µs), Vpeak = 117 V Gaussian pulse, produced by a waveform generator

(AWG2021, Tektronix Inc., Beaverton, OR, USA) and 55dB RF amplifier (A150, ENI,

Rochester, NY, USA). The voltage was measured from the amplifier output in parallel with

the transducer. The transducer beam profile was measured by translating the hydrophone

with a 3-axis motion stage (ESP 300, Newport Corporation, Irvine, CA, USA) and measuring

output voltage with an oscilloscope (LC334, LeCroy Chestnut Ridge, NY, USA). Both

instruments were controlled by a custom LabVIEW (National Instruments, Austin, TX, USA)

computer program. All transducer measurements were performed in the far field (z = 11 mm).

The transfer function (impulse response) of the prototype was calculated by deconvolution of

the excitation function spectrum from the transmit response spectrum.

3.2.4 High Speed Microbubble Displacement Measurements

A high speed streak camera (SC-10, Optronis, Kehl, Germany) and an inverted microscope

(IX71, Olympus, Center Valley, PA, USA) were used to capture images as ARF was applied

to individual microbubbles from the ARFIVUS (Figure 3.2). Streak images (1D vs. time)
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were collected with a temporal resolution of 7.18 ns (streak rate = 500 ns/mm, slit width =

5 µm). Streak images were illuminated with a Xenon flash lamp (SI-AD300-IMS, Specialised

Imaging, Simi Valley, CA, USA) acquisition. In order to image individual microbubble dis-

placements, microbubble dispersions were diluted in saline to concentrations of approximately

1 microbubble/µL. By diluting the microbubble dispersions to include only one microbubble in

each image, secondary radiation forces between microbubbles were minimized. Microbubbles

were contained in a 200 µm cellulose tube (Spectra/Por Spectrum Laboratories Inc., Los

Angeles, CA, USA). The cellulose tube was submerged in a deionized water bath and imaged

using a 100x water immersion objective (N.A. = 1.0) (Figure 3.2). A needle hydrophone

(HNC-0200, Onda Corporation, Sunnyvale, CA, USA) measured peak negative voltage as the

ARFIVUS transducer was aligned in the optical focus. After aligning the ARFIVUS, the

cellulose tube was then positioned in the optical focus and the dilute microbubble dispersion

was drawn into the cellulose tube. Each streak image was recorded during the transmission

of a single 20 cycle, 3 MHz center frequency Gaussian ramped sinusoid pulse at PNP = 350

kPa (17 microbubbles) or PNP = 545 kPa (40 microbubbles). Microbubbles with diameters

=from 1.2 µm to 3.8 µm were insonated and their displacements were recorded using this

apparatus.

Throughout the image acquisition, the flash illumination intensity varied. In order to

compensate for this, the mean intensity over time was subtracted from the acquired streak

image (Figure 3.2(c)). Improvements in image contrast were produced by using the MATLAB

“imadjust” command to saturate 1% of the pixels at the lowest and highest intensities. The

microscope objective and the streak camera resolution determined the streak image spatial

resolution, which was 0.5 µm. Initial microbubble diameter was measured by selecting the

upper and lower boundary of the microbubble in the streak image at 5 time points before

insonation began (Figure 3.2(c)) and then averaging the result. Microbubble translation

was tracked by manually selecting the center of the microbubble across the streak image.
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Figure 3.2: High speed microbubble ARF displacement imaging. (a) High speed streak camera
apparatus schematic. (b) Top view of the center of the water basin with the microscope objective.
The distance between the IVUS transducer and the optical focus of the microscope objective was
1.2 cm. This distance was limited by mechanical interference within the apparatus. (c) An example
streak image from the SC-10 high speed streak camera with a total duration of 10 µs. The transducer
was located “above” the image and the microbubble was displaced away from the transducer by the
ARF.

Sub-resolution displacements (<0.5 µm) were not included in the analysis. The smallest

measured displacement was 0.54 µm, which would result in an error≤ 46% due to measurement

uncertainty. The simulated microbubble translations were compared to the optically measured

displacements by simulating displacement for the measured microbubble diameters. The

percent error between the simulated and experimental results was calculated for each result

as follows:

%error =

∣∣∣∣measured− simulatedsimulated

∣∣∣∣× 100 (3.1)
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Consistent with previously published observations, microbubbles were observed binding

non-specifically to the 200 µm cellulose tube during most of the streak imaging experiments

[108]. Microbubble bound time was measured and factored into the simulation results to

compensate for nonspecific microbubble binding. The microbubble translation slope was

measured as the difference in displacement divided by the time between measurements and

the microbubble was considered bound when the microbubble translation slope was less than

0.64 µm/µs for more than two experimental time points. This compensation algorithm was

only applied during microbubble insonation, which occurred in each image from 1 µs to 8.5 µs

(Figure 3.3). The “bound time” was measured as the total length of time that the microbubble

was non-specifically bound to the cellulose tube. This bound time was subtracted from the

total insonation time (7.5 µs) to compute the time that the microbubble was unbound during

insonation, resulting in a corrected insonation time (Figure 3.3). Following this measurement,

translation was simulated again using these corrected insonation times, and compared with

the original simulation and experimental results.

Figure 3.3: An example position time curve collected from a high speed streak image and the
simulated microbubble displacement. The 1.9 µm diameter microbubble was excited with a PNP =
545 kPa, 20 cycle, 3 MHz center frequency Gaussian ramped sinusoid pulse. Microbubble insonation
began at 1 µs and stopped at 8.5 µs and bound time was only calculated within this period.
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3.2.5 Microbubble Accumulation Patterns Under Flow

A heated mixture of 6% w/v gelatin, 1% w/v agar, and deionized water was prepared to

form a gelatin flow phantom [95]. The mixture was poured into a mold created by drilling

holes into the cap and bottom of a centrifuge tube. A channel was formed by stretching

tubing through the two holes in the mold and hot-gluing the tubing in place. The gelatin

was then allowed to cool and set until experiments were performed. The tubing was then

removed, leaving bare gelatin channels 6 mm in diameter, comparable to the size of the

human common carotid artery [103].

In order to prevent microbubble flotation to the channel wall, the flow phantom was

mounted vertically in a ring stand (Figure 3.4). The ARFIVUS transducer was attached

to a Revolution IVUS catheter (diameter = 3.2F, fc=42.3MHz) and the entire assembly

was inserted into the flow phantom channel from the top. The Revolution IVUS catheter

was operated by an In-Vision Gold Intravascular Ultrasound System (Volcano Corporation,

Rancho Cordova, CA, USA) which imaged microbubble accumulation in real time while the

ARFIVUS catheter transmitted.

A microbubble free control image was collected by recording video before microbubbles

were infused into the flow phantom. After 10 s, a dispersion of microbubbles in deionized

water (5×106 microbubbles/mL) were infused using syringe pumps (PHD 2000, Harvard

Apparatus, Holliston, MA, USA). Microbubbles were infused for 30 s while the ARFIVUS

transmitted ultrasound. The ARFIVUS transducer transmitted a PNP = 450 kPa, 20 cycle,

3 MHz center frequency Gaussian ramped sinusoid pulse at a PRF = 10 kHz (z = 2.9

mm). Following microbubble infusion, the ARFIVUS transmission ceased and unbound

microbubbles were removed from the channel by flushing with deionized water for 40 s. Flow

rates of 67.8 mL/min, 169.7 mL/min, and 339.3 mL/min (flow velocities of 40 mm/s, 100

mm/s, and 200 mm/s, respectively) were applied. These flow rates were selected to match
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Figure 3.4: Schematic of the flow phantom experiment apparatus. The IVUS assembly was
centered in the flow phantom channel using the In-Vision Gold system for guidance.

the minimum flow velocity in the human coronary artery, average systolic peak flow velocity

in the human coronary artery, and the minimum flow velocity in the human common carotid

artery, respectively [103, 104, 105]. To collect a 3-D view of the channel, after the flushing

of unbound microbubbles during 100 mm/s flow, a pullback was performed. The Volcano

Revolution imaging transducer was manually translated to the distal end of the catheter,

below the ARFIVUS transducer in Figure 3.4. Then the automatic pullback feature of the

In-Vision Gold IVUS System translated the imaging transducer along the channel length at

a velocity of 0.5 mm/s.

Following experiments, DICOM image files were copied to a CD and transferred to a PC for

data processing. (RF data was not available from our Volcano In-Vision Gold IVUS System.)
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3.3 Results

3.3.1 Microbubble Acoustic Radiation Force Translation Model

Correction

Dayton et al. proposed a 1-D model for the displacement of a microbubble when insonated

[79]. The first two equations (Equations 3.2 and 3.3) describe a Rayleigh-Plesset radius time

equation, which was derived from work by Morgan et al. [86] and Chomas et al. [109].
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Dayton et al. then combined a series of terms describing forces on the microbubble from

previous research [79]. These forces combine to create a balance of drag and driving forces on

the microbubble in Equation 3.4. The final term of the force balance equation describes the

friction between the microbubble and the wall of the cellulose tube. This equation accounts

for the microbubble’s buoyancy force and the lift derived by Krishnan and Leighton [106].
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Dayton et al. present the model as follows:

ρbVb
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In this form of the equation, the lift term is incorrect and the units are inconsistent.

This is due to the inclusion of a viscosity term not found in the Krishnan and Leighton

equations, which results in incorrect cancellation of units. In the original Krishnan and

Leighton publication, the lift term is defined using a series of equations, the most important

to this model being Equations 17 and 25, presented in this dissertation as Equation 3.5.

L =λ2

[µ
ν
a2U2

]
Ff =

(
4

3
πa3∆ρg − L

)
µf

(3.5)

Where λ2 is a coefficient defining the dimensionless lift on a sphere solely from translation.

Krishnan and Leighton define other coefficients for different interactions between a fluid

and the sphere in translation, rotation, and shear forces. For this work, it is assumed that

translation away from the acoustic source is the only significant lift generating motion of

the microbubble. A series of substitutions recreates the friction term Dayton et al. included

in the original work, with the exclusion of the velocity term and the inclusion of the lift
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coefficient from Krishnan and Leighton’s publication.

Vb =
4

3
πa3

∆ρ =ρl − ρb

U =ul − ub

a =R

ν =
µ

ρl
λ2 = 1.755

(3.6)

Using these substitutions produces an equation closer to the form of the Dayton et al.

model.

Ff =
(
Vb (ρl − ρg) g − 1.755×R2 (ul − ub)2 ρl

)
µF (3.7)

These changes are incorporated into the Dayton et al. model in Equation 3.8, where the

lift term has been corrected with the assumption that translation is the dominant microbubble

motion.
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(3.8)

After correcting the friction term in the MATLAB implementation of this model, the effect

of the friction term on the model was evaluated. In Figures 3.5(a), 3.5(c), and 3.5(e) no

friction is applied (µF = 0). In Figures 3.5(b), 3.5(d), and 3.5(f) friction is applied (µF =

0.5). The model results from the Dayton et al. 2002 Journal of the Acoustical Society of

America paper were replicated using both the Equation 3.4 and Equation 3.8. Results are
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for a 20 cycle, Gaussian-ramped sinusoid with a center frequency of 1, 2.25, or 5 MHz. PNP

ranged from 100 to 400 kPa and microbubble radii from 0.25 to 3.5 µm. These comparisons

are quantified in Table 3.1. From these figures and the table, it is apparent that the greatest

changes in predicted displacement occur at the lowest frequencies. However, the radius of

peak displacement only changes for the 2.25 MHz center frequency case, with an increase of

0.25 µm due to the inclusion of the friciton term.
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Figure 3.5: Simulated microbubble displacements at 1 MHz (a,b), 2.25 MHz (c,d), and 5 MHz
(e,f) center frequencies. At each center frequency, the microbubble displacement is simulated with
(b,d,f) and without friction (a,c,e)
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Table 3.1: A comparison of the peak displacements at three different center frequencies when
friction between the microbubble and the cellulose tube is accounted for in the 1-D microbubble
ARF translation model. dpeak is the peak displacement at each center frequency, percent difference
is the percent difference between the peak displacement when the friction force is and is not included.
Rpeak is the microbubble radius which experiences the greatest displacement at each center frequency.

fc dpeak w/o µF dpeak w/ µF Difference Rpeak w/o µF Rpeak w/ µF
(MHz) (µm) (µm) (%) (µm) (µm)

1 60.1 43.12 -39.4 1.75 1.75
2.25 19.38 15.85 -22.3 1 1.25

5 5.26 4.64 -13.3 0.5 0.5

(a)

0 1 2 3 4 5
0

5

10

15

20

25

30

Transducer Length (mm)

M
B

 D
is

p
la

c
e
m

e
n

t 
(µ

m
)

(b)

Figure 3.6: Microbubble displacement simulation results. (a) Results from the 1-D microbubble
ARF translation model [79]. Microbubble (MB) displacements when excited with a 6.67 µs pulse of
varying center frequency and a PNP = 180 kPa were modeled. (b) Simulated displacement with
varying transducer length when excited with a PRF = 1 kHz, 20 cycle, 3 MHz center frequency
Gaussian ramped sinusoid pulse with PNP = 180kPa at the transducer center.

3.3.2 Microbubble Acoustic Radiation Force Translation Model

Simulated microbubble displacements were greatest when the insonation center frequency

was between 3 MHz and 7 MHz (Figure 3.6(a)). In order to accommodate the greatest

displacements amongst the greatest percentage of the simulated microbubble population, a

transducer center frequency of 3 MHz was selected.

The relationship between transducer length and microbubble displacement was linear

for lengths greater than 1.5 mm (Figure 3.6(b)). For lengths less than 1 mm, the overall

displacement increased. This can be explained by the increasing full width half maximum
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beam width as the transducer length is decreased. This occurs because as the transducer length

is decreased, it becomes more like a point source, resulting in omni-directional transmission.

Despite this, greater displacements will not be achieved with a shorter element because a

shorter transducer will yield a lower output pressure and result in a higher impedance. The

final result would be a suboptimal transducer design.

3.3.3 Finite Element Analysis and Prototype Characterization

According to the PZFlex FEA results, a final ARFIVUS piezoelectric ceramic thickness of

500 µm and 375 µm width was needed to create a device with fc = 3.3 MHz. The completed

ARFIVUS catheter diameter was 8.1 F (2.7 mm) (Figure 3.1(c)).

Two ARFIVUS transducers were fabricated and used for the experiments. Their charac-

teristics are listed in Table 3.2. One-way transmit responses were measured with a capsule

hydrophone in the far field (z = 11 mm). From the hydrophone measurements and simulated

results (Figure 3.7(a)), the normalized cross correlation coefficient of the simulated and

measured transmit response was calculated. In addition, the percent difference in PNP

between the model and the prototype is reported. The simulated and measured transfer

functions in Figure 3.7(b) show a close match with the simulated center frequency of 3.4 MHz

and -6 dB fractional bandwidth of 60%. The measured transducer -6dB lateral beam width

approximately matched the FEA modeled beam width (Figure 3.7(c)). After observing the

experimental beam profile, an FEA model without axial length symmetry was prepared in

order to model the effect of the asymmetric silver epoxy layer on the top electrode (Figure 3.7).

The thickness of the silver epoxy on the face of the transducer was increased along the first

subdiced transducer element (normal thickness = 150 µm, increased thickness = 700 µm).

This improved the match between the FEA and experimental results for the first ARFIVUS

transducer (Figure 3.7(c)).
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Figure 3.7: ARFIVUS 1 characterization. (a) FEA, experiment, and asymmetric epoxy corrected
FEA normalized output pressure measured when excited with a 3 MHz center frequency, 200% -6dB
fractional bandwidth Gaussian pulse (z = 11 mm). (b) FEA, experimental, and asymmetric epoxy
corrected FEA spectra after deconvolution of (a) with the excitation pulse. (c) Lateral beam profile
from FEA, experimental, and asymmetric epoxy corrected FEA in the far field (z = 11 mm).

Table 3.2: Individual ARFIVUS transducer characteristics. BW−6dB = -6 dB fractional bandwidth,
Beam−6dB = -6 dB azimuthal beam width measured 11 mm from the transducer, Correlation =
normalized cross correlation of the time domain pulse, PNP Ratio = Ratio of the peak negative
pressure of experiment to simulation. Diameter is specified in French (Fr) which is 1

3 mm.

Transducer fc (MHz) BW−6dB Beam−6dB �(Fr) Correlation PNP Ratio
1 3.3 55% 3.31 mm 8.1 0.97 1.1
2 3.6 50% 4.0 mm 6.8 0.97 0.94
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3.3.4 High Speed Microbubble Displacement Measurements

Following the correction of microbubble displacements due to the 20 cycle, 3 MHz center

frequency Gaussian ramped sinusoid pulse with PNP = 545 kPa, the results were compared

with the simulated microbubble displacements (Figure 3.8(a)). Microbubble displacements

were corrected by multiplying the inverse fraction of unbound time (total pulse time divided by

unbound time) by the measured microbubble displacement. The measured displacement was

plotted against the simulated displacement before insonation time reduction (Figure 3.8(b))

and then after insonation time was reduced based on the “bound time” (Figure 3.8(c)). Best

fit curves were also calculated for the original and corrected time simulations (Figure 3.8(b-c)).

The percent errors were 77.2% and 29.8% for the original and corrected time simulations,

respectively.

3.3.5 Microbubble Accumulation Patterns Under Flow

Images were acquired from a 45 MHz IVUS catheter in the flow phantom during microbubble

infusion at flow rates of 67.8 mL/min, 169.7 mL/min, and 339 mL/min (Figure 3.9). An

increase in signal intensity across the entire lumen was measured during microbubble infusion

(Figure 3.9(b)). When the ARF was applied, some of these microbubbles accumulated along

the vessel wall directly adjacent to the ARFIVUS. In order to remove signal due to the wall

of the phantom, the first frame (Figure 3.9(a)) was subtracted from the final frame for the

cases without, and with, ARFIVUS transmission (Figure 3.9(c) and 3.9(d), respectively).

To quantify the changes in the channel due to microbubble accumulation, the change in

video intensity with time was calculated for the portion of the lumen wall directly in front

of the ARFIVUS transducer, both when the ARFIVUS was transmitting and when it was

switched off (Figure 3.10). For each microbubble infusion rate, the average intensity was

measured in the same region with and without ARF transmission. At all infusion rates, ARF

cases maintained an increase in video intensity after microbubble infusion was completed
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Figure 3.8: Simulated and corrected microbubble displacement. (a) Simulated and corrected
experimental microbubble displacements plotted with respect to initial microbubble radius when
insonated by a PNP = 545 kPa pulse from the ARFIVUS transducer. (b) Measured microbubble
displacement plotted against the 20 cycle simulated microbubble displacement for both PNP =
350kPa and PNP = 545kPa. (c) Measured microbubble displacement plotted against the corrected
time simulated microbubble displacement for both PNP = 350kPa and PNP = 545kPa.

(arrow b in Figure 3.10(a)). The increases in average video intensity were 15 dB, 13 dB, and

31 dB in the 40 mm/s, 100 mm/s, and 200 mm/s cases, respectively. The channels that were

not treated with ARF returned to their original video intensity following infusion of deionized

water (Figure 3.10(a)). The gradient of video intensity measured along the circumference of

the channel was similar for all three flow rates, with -6 dB widths of 69.5◦C, 50.8◦C, and

55.5◦C for flow velocities of 40 mm/s, 100 mm/s, and 200 mm/s, respectively (Figure 3.10(b)).
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Figure 3.9: Ultrasound images from 67.8 mL/min infusion experiment. (a) IVUS image before
microbubble infusion. (b) IVUS image during microbubble infusion and ARFIVUS transmission.
(c) IVUS image after microbubble infusion without ARFIVUS transmission with the first frame
(a) subtracted. (d) IVUS image after microbubble infusion and ARFIVUS transmission with the
first frame (a) subtracted showing a video intensity increase in the region of interest (arrow). The
beveled edge of the circle is a scaled symbol representing the ARFIVUS where the beveled edge was
the front face of the transducer. The tick-mark spacing is 1 mm and the image diameter is 8 mm.

During pullback imaging, the center of the ARFIVUS was located at approximately 4.5 mm,

within the region of peak video intensity, approximately 20 dB higher than the untreated

portion of the lumen (Figure 3.10(c)).

3.4 Discussion

A transducer for microbubble ARF translation must fulfill three requirements. First,

the transducer should ideally have a center frequency matched to the resonant frequency
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Figure 3.10: Characterization of the microbubble accumulation in the flow phantom due to the
ARFIVUS. (a) The change in average video intensity during flow phantom experiments for varying
flow velocities. Arrows on the plot indicate the times when the following events occurred: a)
microbubble infusion began, b) microbubble infusion stopped, c) water infusion began. (b) Video
intensity gradient along the circumference of the channel at varying flow velocities after c) water
infusion began. (c) Video intensity gradient along the length of the channel following c) water
infusion.

of the microbubbles. Second, the transducer must be designed within the dimensional

constraints of the application. Third, the transducer must be able to withstand high duty

cycle operation to allow for effective microbubble translation. The transducer presented in

this chapter represents an improvement upon the IVUS transducer from the earlier work of

Chapter 1, due to the use of a more robust piezoelectric ceramic, improved length to enhance



3.4 Discussion 59

microbubble displacement, and a center frequency that is a better match for microbubble

ARF displacement.

The prototype center frequency was selected based on the 1-D microbubble ARF translation

model, resulting in a transducer designed specifically for microbubble translation. For the

microbubbles used in this study, the greatest simulated displacements occurred at center

frequencies from 3 - 7 MHz (Figure 3.6(a)). Traditional IVUS imaging catheters (e.g.: Boston

Scientific Atlantis, Volcano Revolution) use center frequencies in the range of 30 - 45 MHz

to provide high-resolution intravascular images. The prototype ARFIVUS center frequency

of 3.3 MHz was much lower than that of a commercial imaging IVUS catheter, in order to

operate closer to the resonant frequencies of the 1.4 - 2.6 µm diameter microbubbles.

In addition to center frequency selection, the 1-D microbubble ARF translation model was

used to guide device length selection when taking flow into account (Figure 3.6(b)). Increasing

device length increases microbubble insonation time and results in higher displacements. The

transducer must be designed within the dimensional constraints that allow catheter flexibility

for navigating the vasculature. Finite element modeling yielded a design with the desired

center frequency and dimensions. The match between the simulated and measured acoustic

output of the transducer was very good, as demonstrated by the normalized correlation

coefficient of the time domain pressure pulse for both ARFIVUS transducers of 0.97. Similarly,

the center frequencies of the modeled and measured transducer were a good match, falling

within 100 kHz. The beam profile prediction of the FEA was good for the positive azimuthal

direction, but diverges significantly from FEA at -3 mm. A poorly characterized asymmetric

silver epoxy layer was shown to be the cause of the asymmetric beam profile by modifying

the FEM with an asymmetric top electrode (Figure 3.7(c)). The high duty cycle operation

requirement was met by selecting a “hard” PZT ceramic with high TC and a low tanδ.
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Almost all of the predicted microbubble displacements were greater than measured, such as

those in Figure 3.8(a). Without compensating for the nonspecific binding of the microbubble,

this model provided a measure of the maximum expected microbubble displacement. Examin-

ing the modeled microbubble translation curves and comparing these to the optically observed

microbubble translation, a hypothesis was developed that the differences between measured

and simulated microbubble displacement were due to the non-specific binding of microbubbles

to the cellulose tubes used to contain the microbubbles. This non-specific binding in cellulose

tubes has been observed by others [108]. Reducing the simulated insonation time based on

the “bound time” during the microbubble translation experiments resulted in the mean error

between the simulated and experimental results decreasing from 77.2% to 29.8%. A best-fit

line through the plots of Figures 3.8(b-c) also improved in correlation, increasing from R2 =

0.10 to R2 = 0.71. The slope of the best-fit line, which should equal unity, increases from

m = 0.24 to m = 0.64 when the corrected insonation time is simulated. Streak imaging

provided a verification tool for both the functionality of the ARFIVUS and the validity of

the 1-D microbubble ARF translation model used. This suggests that center frequencies of

microbubble specific transducers can be designed for similar lipid shelled microbubbles using

the 1-D microbubble ARF translation model.

Finally, the flow phantom experiments demonstrated that an ARFIVUS is capable of

displacing microbubbles to the wall of a vessel under velocities and dimensions comparable to

the human common carotid and coronary arteries. Under all three flow conditions presented,

the 15 dB, 13 dB, and 31 dB changes in average video intensity indicated an accumulation of

microbubbles due to ARF. Infusion velocities comparable to the human common carotid and

coronary arteries were used to demonstrate the clinical potential for ARFIVUS catheters to

guide molecularly-targeted and therapeutic ultrasound contrast agents. The minimum flow

velocities were simulated because during these periods, microbubble insonation time will be

greatest, providing a window to maximize microbubble radial displacement by ARF.



Chapter 4

Multifunction IVUS Design

4.1 Background

Dual frequency transducers for microbubble applications have been implemented using both

linear arrays and mechanically scanned probes. Hu et al. presented a 1.5D array with low

frequency (1.5 MHz) linear arrays on either side of a 5.4 MHz center frequency linear array.

This enabled the application of a TLRH pulsing sequence to generate high resolution, high

contrast images. Gessner et al. used a dual frequency transducer developed in cooperation

with Visualsonics [101]. This dual frequency transducer was implemented by surrounding

a 30 MHz center frequency probe with a 2.5 MHz center frequency annular element. This

system transmitted at the low (2.5 MHz) center frequency to excite the microbubbles at their

resonant frequency and received using the 30 MHz center frequency element. While both of

these designs demonstrated the potential of multiple frequency techniques with microbubbles,

both transducers rely on complex fabrication and alignment to ensure all of the transducers’

foci match.

The ability to achieve therapy and imaging in a single device presents the opportunity

for improved catheter laboratory work flows and, potentially, patient outcomes. Take, for

example, IVUS feedback during percutaneous coronary intervention (PCI). In the current

61
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model for PCI procedures, IVUS imaging requires the use of rapid exchange to transition

from the imaging portion of the procedure to the intervention portion. This exchange must

be performed again following angioplasty and stent deployment if the surgeon is to examine

the expanded vessel to ensure correct placement of the stent and apposition of the struts.

In an ideal situation, these transitions between imaging and intervention can be performed

quickly, but this is not always the case. Insertion and removal of the IVUS catheter often

results in damaged guide wires, requiring the time consuming replacement of the guide wire.

Previous work by Isner et al. incorporated an imaging IVUS transducer into a PCI balloon

[110]. The balloon itself was made from a material that would match the acoustic impedance

of the inflation fluid. This coupled the acoustic energy from the transducer to the wall of the

balloon. This configuration enabled real time ultrasound imaging feedback during balloon

inflation, without the transition between catheters.

In designing a microbubble specific therapeutic IVUS transducer, it would be ideal if the

final solution combined both imaging and therapy in one catheter. This would enable the

surgeon to use IVUS imaging to guide the placement of the therapeutic element. To continue

with the example of PCI, following PCI, an IVUS would be placed at the site of balloon

injury. Following placement, therapeutic microbubbles would be infused through the IVUS

catheter to deliver an antiproliferative agent to the injured artery wall for the prevention of

neointimal hyperplasia. To verify the localization of drug-loaded microbubbles, the unique

properties of an UCA would be used to distinguish between the contrast agent and the vessel

wall. These imaging techniques, which include PI and TLRH, have been implemented on

ultrasound scanners with transcutaneous linear arrays in this work and elsewhere [95, 34]. PI

and subharmonic imaging using IVUS transducers have also been demonstrated to provide

superior contrast to standard B-mode IVUS images [111, 112].

In this chapter, multifunction IVUS transducers will be designed using FEA. Alternative

designs using lateral modes and stacked piezoelectric ceramic transducers will be evaluated
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using FEA for their ability to produce the desired center frequencies and output pressures.Two

of these devices will be fabricated and evaluated using a flow phantom, as previously presented

in Chapters 2 and 3. The ability of these devices to induce microbubble destruction will also

be demonstrated using microscopy and transcutaneous ultrasound imaging with a clinical

ultrasound scanner. As discussed in previous chapters, while microbubble destruction may

not be necessary for ultrasound and microbubble enhanced drug delivery, it may enable

the release of a drug bound to the microbubble shell and demonstrate the ability to deliver

therapeutic ultrasound.

4.2 Methods

4.2.1 Finite Element Analysis of Dual Mode Elements

As detailed in Chapters 2 and 3, the dual function IVUS transducers were designed

using finite element modeling. In order to transmit at a low frequency for therapy while

transmitting and receiving at a high frequency for imaging, three designs were evaluated. All

three transducer designs are illustrated in Figure 4.1. Each design has different advantages,

which will be discussed in the broad categories of fabrication complication, maximum output

pressures, device dimensions, and imaging bandwidth. These three IVUS transducer designs

do not comprise an exhaustive list, but do provide IVUS transducer designs capable of

providing both therapy and imaging in one platform.

A common strength of all three designs is colocalization of therapy and imaging frequencies.

Having a single piezoelectric ceramic element or stacked element ensures that therapeutic

and imaging ultrasound beams are consistently aligned. While the argument can be made

that the therapeutic -6 dB beam width will always be larger than the imaging beam width at

the high MI used for microbubble destruction, at lower MI that may result in more localized

sonoporation without microbubble destruction, the sonoporation regions and imaging beam
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(a) (b)

(c)

Figure 4.1: Schematics of the three proposed multifunction therapeutic microbubble IVUS
transducers. (a) Thin square transducer element. (b) Subdiced rectangular transducer element. (c)
Stacked transducer element. Blue is PZT4, gray is PZT5H, and white is nonconducting epoxy.

widths will approach one another and slight misalignments may result in inaccurate therapeutic

guidance.

The first transducer is a modified design of the transducer outlined in Chapter 2 and

illustrated in Figure 4.1(a). The transducer has been thinned to a 220 µm thickness and is

still a 1 mm square element. This decreased thickness promotes a thickness mode center

frequency above 5 MHz, which should be suitable for imaging. This transducer is the largest

design that will be presented in this chapter, with the 1 mm piezoelectric ceramic width

determining the catheter diameter. This presents a limitation for coronary applications, but

this device is suitable for peripheral vascular delivery. Fabrication of this device is very simple,

requiring only one dicing step, no alignment of multiple elements, and no special materials.



4.2 Methods 65

Figure 4.4(b) is a schematic of the next multifunction IVUS design. This transducer uses

the subdicing technique demonstrated in the ARFIVUS transducer of Chapter 3. The profile

of this transducer was designed to match the piezoelectric ceramic of a Volcano Revolution

IVUS transducer. The two dimensions of the subdice, 250 µm in the x dimension and 700µm

in the z dimension, promote two different resonant frequencies that could be used for ARF

and therapy, respectively. The thickness dimension can be adjusted independently to produce

different imaging frequencies. This allows flexibility in the selection of both the therapeutic

and imaging frequencies. Since this transducer matches the footprint of a commercial imaging

IVUS transducer, it can easily fit in a coronary artery and will be used in Chapter 5 to

deliver a model drug to swine coronary arteries. Fabrication of this transducer is slightly

more complicated than the 1 mm square piezoelectric ceramic element because it incorporates

a subdice, but it still does not require alignment of separate piezoelectric ceramic elements.

The third design in Figure 4.1(c) features an IVUS stacked transducer. This design

incorporates a subdiced element, similar to the transducer in Figure 4.4(b), with a thin

imaging element on top of the subdiced therapeutic IVUS piezoelectric ceramic. This enables

complete separation of the lateral and thickness mode operating frequencies. Due to the

additional dicing as compared to the 5 MHz center frequency transducer, this transducer is

the most complicated transducer to fabricate.

The three transducer designs are compared in Table 4.1. From this table, it is apparent

that the 2 MHz transducer is the simplest to fabricate and the stacked transducer is the

most complex, primarily due to the multiple piezoelectric ceramics which must be aligned or

bound and then subdiced.

4.2.2 IVUS Fabrication and Characterization

The 2 MHz and 5 MHz center frequency transducers were fabricated using methods similar

to those of Chapters 2 and 3. Briefly, to fabricate the 2 MHz center frequency transducer, a
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Table 4.1: A comparison of the dimensions and fabrication requirements of the three multifunction
therapeutic microbubble IVUS transducers.

Design Area Ceramic Thickness Subdice? Multiple Elements?
(mm x mm) (µm)

(a) 2 MHz 1 x 1 220 N N
(b) 5 MHz 0.5 x 0.7 220 Y N
(c) Stacked 0.5 x 0.7 220 & 100 Y Y

200 µm thick plate of CTS3203HD ceramic (CTS Corp., Albuquerque, NM, USA) was diced

into 1 mm square elements using a dicing saw. The distal end of a polyethylene tube (1.56

mm diameter) was cut in half and a layer of non-conductive epoxy (RE2039/HD3561, Henkel

Ag & Co, Dusseldorf, Germany) was applied to fill the half cylinder. A layer of conducting

silver epoxy (CHOBOND 584, Parker Hannifin Corp., Woburn, MA, USA) was then applied

to provide a ground electrode. The piezoelectric ceramic was bonded to this layer of silver

epoxy. A signal electrode wire was then connected to the piezoelectric ceramic top electrode

with silver epoxy and the device was sealed with non-conductive epoxy.

The fabrication of the 5 MHz center frequency transducer is unique because the piezoelectric

ceramic is built into an existing commercial IVUS transducer to create a therapeutic IVUS

transducer. The distal sheath of a Volcano Revolution IVUS catheter was removed, providing

access to the transducer element. The sealing epoxy layer of the transducer assembly was

removed with a hobby knife, the top electrode wire separated from the piezoelectric ceramic,

and the ceramic then removed from the transducer casing. In order to accommodate the

thicker piezoelectric ceramic element, approximately half the thickness of the lossy backing

was removed from the transducer casing. A layer of silver epoxy was then spread on top

of the lossy backing to create a contact between the ground electrode of the piezoelectric

ceramic and the IVUS casing. The piezoelectric ceramic element was then inserted into the

casing, the top electrode wire bent into place over the piezoelectric ceramic element and a dot

of silver epoxy applied to electrically couple and mechanically secure the top electrode wire
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to the top electrode of the piezoelectric ceramic element. In some cases, the top electrode

wire broke and a trace of silver epoxy was used to electrically couple the wire and the top

electrode. The completed transducer was sealed with non-conductive epoxy.

In order to evaluate the high frequency component of the stacked transducer and the ability

to simulate it with FEA, a 1 mm square, 24 MHz center frequency transducer was fabricated.

A FEM was used to select the thickness for a 1 mm square, 24 MHz center frequency IVUS

transducer. A PZT5H ceramic was selected for its superior sensitivity characteristics. A 240

µm thick plate of CTS3203HD ceramic was lapped until it measured 100 µm thick and a 0.9

µm thick aluminum electrode was deposited on the lapped side by E-beam evaporation. The

piezoelectric ceramic was then cut into 1 mm x 1 mm elements using a dicing saw. Following

dicing, the piezoelectric ceramic was backed with a 400 µm thick layer of silver epoxy and

sealed in a block of non-conductive epoxy. Following fabrication, the transducer impedance

was measured with an impedance analyzer.

Transducers were characterized using methods that were detailed in Chapter 2. In addition

to the characterization of the beam profile, output pressure, and transmit spectra, the 5

MHz center frequency transducer was subjected to duty cycle testing and compared to an

unmodified Volcano Revolution IVUS transducer subjected to the same voltages and duty

cycles. Each transducer was pulsed with a square wave pulser (SP-801, RITEC) at different

voltages up to 127 V and pulse repetition frequencies up to 10 kHz with a 5 cycle 5 MHz center

frequency sinusoid. From these experiments, the failure of the original Volcano Revolution

IVUS transducer at lower duty cycles was demonstrated.
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4.2.3 Microbubble Displacement and Destruction with 5 MHz

IVUS

A 5 MHz center frequency IVUS transducer was positioned in a flow phantom as plain

lipid-shelled microbubbles at a concentration of 5× 106 per ml were drawn into the channel

at a flow rate of 95.4 ml/min by a syringe pump (PHD2000, Harvard Apparatus, Holliston,

MA, USA). The channel was imaged with a clinical ultrasound scanner (Sequoia, Siemens

Medical Solutions USA, Malvern, PA, USA) as the microbubbles flowed through the channel.

The 5 MHz center frequency IVUS transducer transmitted a 5 MHz center frequency, 40

cycle, PNP = 0.6 MPa, and 4% duty cycle sinusoid. This pulse was designed to cause ARF

displacement of the microbubbles to the channel wall.

In a separate experiment, DiI microbubbles were drawn through a swine artery at the same

flow rate in order to deliver a model drug to the vessel wall. Throughout this experiment,

the clinical ultrasound scanner provided feedback and guidance. The 5 MHz center frequency

IVUS transducer was rotated within the vessel while alternating between ARF (PNP = 0.2

MPa, PRF = 12 kHz, fc = 5 MHz, 40 cycle Gaussian ramped sinusoid) and sonoporation

(PNP = 1 MPa, PRF = 2 kHz, fc = 5 MHz, 40 cycle sinusoid) pulses every 5 s.

4.2.4 IVUS Imaging Validation

To test the imaging capabilities of the 5 MHz center frequency IVUS, an ultrasound

phantom with three 80 µm wire targets was imaged. The IVUS transducer was rotated

continuously using a stepper motor apparatus. The transducer was pulsed by a DPR35E

pulser/receiver (JSR Ultrasonics, Pittsford, NY, USA). Raw RF data was captured using

a 14 bit A/D capture card (DynamicSignals, LLC, Lockport, IL, USA). RF data was then

filtered, envelope detected and log compressed in MATLAB to produce the final image.
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Figure 4.2: Stacked transducer simulated characterization. (a) Output pressure and (b) spectra
when excited with a 5 MHz and 20 MHz center frequency 100% -6 dB fractional bandwidth, Gaussian
pulses. The output pressure is simulated when transmitting through both the imaging piezoelectric
ceramic and a silver epoxy backing.

4.3 Results

4.3.1 Finite Element Analysis and Prototype Characterization

The simulated stacked transducer’s acoustic output from the therapeutic element is pre-

sented in Figure 4.2(a). This plot shows a decrease in output pressure due to transmission

through the imaging piezoelectric ceramic. However, imaging through a silver epoxy layer

(the backing for this particular transducer) allows for a greater output pressure. This suggests

that an ideal design for a stacked IVUS transducer might be to transmit in two separate

directions, 180◦ from one another. This would prevent degradation of both the imaging

and therapeutic transmit pulses due to traveling through multiple layers and, in particular,

the piezoelectric ceramic. The spectra when each component of the stack was excited are

presented in Figure 4.2(b). From this result, the availability of both the high frequency

imaging pulse from the thin PZT5H style ceramic and the low frequency PZT4 ceramic were

demonstrated.
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An aluminum block served as a reflector for pulse-echo measurements of the 24 MHz center

frequency transducer’s bandwidth. A center frequency of 24 MHz and a -6 dB fractional

bandwidth of 20% were measured, comparable to the center frequency and bandwidth of

other imaging transducer prototypes [67]. The completed transducer center frequency and

bandwidth matched the FEM well (Figure 4.3(b)) and a correlation coefficient of 0.9 was

measured between the experiment and modeled round trip signal (Figure 4.3(a)). The

transducer was scanned over a 25.4 micron diameter wire target with a motion stage and the

corresponding round trip -6 dB beam width was measured to be 0.5 mm at a distance of 4.03

mm (in the far field) (Figure 4.3(c)). Using FEA, alternative backing materials were modeled

to demonstrate one method for improving the transducer bandwidth (Figure 4.3(d)).

The transducer illustrated in Figure 4.1(a) was fabricated for evaluation. The completed

device was incorporated into a three function IVUS (TF-IVUS) transducer, illustrated and

photographed in Figure 4.4. This device included an ARFIVUS element, as described and

characterized in Chapter 3, and the dual frequency IVUS element modeled in this chapter.

The elongated ARFIVUS element will provide microbubble displacement to the vessel wall,

while the dual frequency element was designed to image the microbubble accumulation and

induce sonoporation.

Hydrophone measurement results were compared to simulated results and are presented

in Figure 4.5. The fabricated IVUS prototype had a center frequency of 9 MHz and one

way -6 dB fractional bandwidth of 47%. When compared with the FEM, this transmitted

output resulted in a linear correlation coefficient of 0.92. A linear correlation coefficient this

high indicates that the simulation and experiment generally match well, but as can be seen

from the spectrum in Figure 4.5(b), this match was not perfect. The simulation exhibits a

wider bandwidth and higher output pressure than the fabricated transducer. This could be

due to a difference between the properties of the materials used for the simulation and the

properties of the final cured epoxies and piezoelectric ceramic.
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Figure 4.3: High center frequency (24 MHz) IVUS transducer characterization. (a) Normalized
output measured when simulating and experimentally measuring the transmit pressure from the 24
MHz center frequency transducer element. (b) Frequency spectra of the experimentally measured and
simulated output pressures from the 24 MHz center frequency transducer element. (c) Comparison
of the measured and FIELD II simulated round trip beam profile of the IVUS transducer in the
far field at 4.07 mm depth. (d) Simulated spectra for varying backing materials to demonstrate
potential improvements to the IVUS design through better backing materials.

The output pressure of a typical 5 MHz center frequency IVUS transducer is presented

in Figure 4.6(a), demonstrating PNP up to 2 MPa. Here, an IVUS transducer was excited

with a 10 cycle, 5 MHz center frequency sinusoid. This device had a center frequency of

5.3 MHz, with a -6 dB fractional bandwidth of 33.7%, as presented in Figure 4.6(b). This

spectrum also shows the thickness mode, which had a center frequency of 7.7 MHz and a -3
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(a) (b)

Figure 4.4: (a) Schematic of the TF-IVUS and (b) a photograph of the completed device.
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Figure 4.5: Triple function IVUS transducer characterization. (a) Output pressure and (b)
transmitted spectrum of the 1 mm square transducer element when excited with a 9 MHz center
frequency 100% fractional bandwidth Gaussian pulse. Data was collected 5 mm from the transducer
face.

dB fractional bandwidth of 34.3%.

4.3.2 Microbubble Displacement and Destruction with 5 MHz

IVUS

In Figure 4.7(a-c), selected ultrasound images are presented that show the flow phantom

channel before microbubble infusion, during microbubble infusion, and after microbubble

infusion and ARF due to the 5 MHz center frequency IVUS transducer. These images show

that there was an increase in image intensity due to a localized accumulation of microbubbles

on the upper and lower channel walls within the IVUS transducer’s beam. In surrounding
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Figure 4.6: 5 MHz center frequency IVUS transducer characterization. (a) Output pressure and
(b) transmitted spectrum 2 mm from the transducer.

regions outside of the IVUS transducer’s beam there was no change in image intensity due

to microbubble accumulation. Figure 4.7(d-f) are a series of images from an ex vivo swine

artery collected during microbubble infusion and ARF displacement. The image intensity

within three regions of interest throughout the video is presented in Figure 4.8. When the

ARF pulse was transmitted by the 5 MHz center frequency IVUS transducer, there was an

increase in signal intensity within the IVUS transducer’s beam, highlighted in Figure 4.7(d) to

Figure 4.7(e) . After 5 s of ARF microbubble displacement, the higher amplitude sonoporation

pulse was applied and image intensity decreased due to microbubble destruction. These

transitions from microbubble accumulation to microbubble destruction can be tracked in

Figure 4.8, with ARF beginning at 5 s and microbubble destruction beginning at 10 s.

4.3.3 IVUS Imaging Validation

An image of the wire targets collected with the 5 MHz center frequency IVUS is pre-

sented in (Figure 4.9(a)). The average -6 dB axial width of the wire targets was 265 µm

(Figure 4.9(b)). Dim reflections from the wire targets were observed 180◦ from the actual

target as a result of an undesired acoustic output through the backing of the transducer.
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Figure 4.7: Selected frames collected from a Sequoia scanner of flow phantom (a-c) and ex
vivo artery (d-f) microbubble delivery experiments. (a) The flow phantom before microbubble
infusion. (b) The flow phantom during microbubble infusion. (c) The flow phantom following ARF
displacement of microbubbles and flushing with water. (d) The artery before ARF displacement of
microbubbles. (e) The artery after ARF displacement. (f) The artery after microbubble destruction.
Yellow boxes indicate regions of interest for microbubble accumulation and destruction
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Figure 4.8: Change in image intensity over time for three regions of interest in the clinical
ultrasound scanner video of Figure 4.7(d-f). Regions of interest are as follows: ROI 1 - Top yellow
box, ROI 2- Bottom yellow box, ROI 3 - Region to the left of the top yellow box.

One of the important differences between transcutaneous ultrasound imaging probes and an

IVUS catheter transducer is the surrounding medium. A transcutaneous ultrasound probe is

surrounded by air. This means that ultimately, any energy that is not deposited through
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the ultrasound coupling gel to the patient’s skin will be lost at the interface between the

backing and the surrounding air. Though the reflections due to this loss cause long ring

down and poor bandwidth, an air backing guarantees that no “ghost” images will appear

due to energy propagating behind the transducer. When imaging with an IVUS catheter,

the transducer is surrounded by blood, which acts a strong coupling medium. This means

that energy from the catheter does not only transmit forward, but can also be transmitted

through the backing and into the blood. Without the availability of a high loss backing, this

will result in a “ghost” image, much like what is observed in Figure 4.9(a).

Alternative backings may be able to prevent the transmission through the backing layer,

such as an aerogel [113], epoxy filled with phenolic microballoons [87], or other lossy materials

developed in the transducer field to provide lossy backings in catheter and endoscope-based

devices where sub-millimeter backing thickness is required. Extremely low density materials

with a density similar to air (ρ=1.22 kg/m3) can provide the best barrier for the acoustic

energy. Aerogels are lightweight and provide the lowest densities possible in solid materials.

This means that aerogels provide the closest match to the density of an air backing as possible

in a solid material. To demonstrate the operation of an aerogel in this role, an FEM was

implemented using an aerogel backing. An aerogel backing based on the mechanical property

measurements of Gross et al. was modeled in FEA to evaluate the reduction in secondary

echoes from rear firings of the ultrasound transducer [114]. Both low density (77 kg/m3) and

high density (262 kg/m3) aerogels were modeled. From the results of the FEM in Figure 4.12,

the output pressure from the front of the transducer was 5.53 and 4.38 fold greater for the

low and high density aerogels, respectively. If this backing thickness was as thin as 100 µm,

the output pressure from the front of the transducer would only measure 4.25 and 4.32 fold

greater, for low and high density aerogels, respectively. For comparison, the simulated ratio

of the transmitted PNP through the front to the PNP through the backing was 0.72 and 1.2

for a silver epoxy backings that are 100 µm and 300 µm thick, respectively.
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(a) (b)

Figure 4.9: Dual frequency transducer imaging evaluation. (a) Image of three wire targets
collected with the IVUS transducer. (b) Voltage versus depth of wire target from the prototype
IVUS transducer.
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Figure 4.10: Simulated transducer output after application of (a) 100 µm and (b) 300 µm silver
epoxy backing. Output transmit pressure is simulated for both the front (0◦) and the back (180◦)
of the transducer.

4.4 Discussion

Three designs for multifunction IVUS transducers have been presented. Each design uses

a slightly different approach to provide imaging and therapeutic ultrasound from the same
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Figure 4.11: Simulated transducer output after application of 100 µm aerogel backings for (a) low
density and (b) high density aerogel. Output transmit pressure is simulated for both the front (0◦)
and the back (180◦) of the transducer.
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Figure 4.12: Simulated transducer output after application of 300 µm aerogel backings for (a) low
density and (b) high density aerogel. Output transmit pressure is simulated for both the front (0◦)
and the back (180◦) of the transducer.

transducer. These devices were all designed to use colocalization of elements in order to

eliminate the challenges of aligning multiple elements and their foci in an assembly. This

ensures that when imaging, the transducer can provide accurate feedback for therapy. With

real time feedback during therapy, localization of delivery can be improved, possibly resulting

in lower administered drug doses. This could enable the use of therapeutics that are more
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effective but too toxic at high doses. Previous successes in both PCI and radiotherapy have

demonstrated the potential improvements that image guidance can yield for patient outcomes

[71, 115]. In these cases, image guidance allowed the clinician to determine if the intervention

was applied correctly and successfully. By designing therapeutic ultrasound transducers

that provide image guidance capability, this work can provide tools for future image guided

therapies to improve patient outcomes.

A high frequency transducer was fabricated as a prototype component for the stacked

IVUS transducer. An excellent match between the FEM used to design this transducer

and the measured output of the transducer was found (0.9 correlation coefficient from the

transmitted output). The simulated and measured center frequencies were a close match as

well. Unfortunately, the fabricated transducer had a narrow bandwidth of 20%. In order

to evaluate methods to improve transducer bandwidth, backings with different quantities

of tungsten particles were simulated. From these simulations, a 1.8 fold improvement in

bandwidth was demonstrated when a 25% tungsten filled epoxy backing was applied as

compared to an unfilled epoxy backing.

Both a triple function IVUS and a 5 MHz dual function IVUS were fabricated for testing.

The 5 MHz dual function IVUS was evaluated in a flow phantom while transmitting both

ARF and sonoporation pulses. The displacement and destruction of microbubbles when

insonated with this IVUS transducer was measured in the image intensity data collected from

a clinical ultrasound scanner. Accumulation along the entire circumference of a channel was

also demonstrated using the IVUS transducer in Figure 4.7. In the next chapter, the ability to

deliver microbubbles to a specified location along the vessel wall will be demonstrated in an

in vivo swine model, further demonstrating the localization potential of these low frequency

IVUS transducers.
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Finally, the 5 MHz dual function IVUS transducer was used to image a series of wire targets.

A second ghost wire was found for every wire in the target due to the coupling of the acoustic

energy transmitted through the backing into the surrounding fluid. In order to correct this

“backwards” transmission, aerogels were simulated using FEA. These extremely low density

materials provided up to a five fold decrease in the transmitted acoustic energy from the

backing as compared to the front of the transducer. The effect of adjusting the thickness

of the aerogel was briefly addressed, with thicker aerogels resulting in higher bandwidth

transducers. Two different aerogel densities were simulated, yielding similar results for both

thicknesses.



Chapter 5

Therapeutic IVUS Applications

5.1 Background

A variety of diseases present an opportunity for microbubble-based drug delivery from

an IVUS platform. In particular, atherosclerosis, the buildup of fat, cholesterol, cellular

waste, calcium and fibrin within the artery lumen [116], lends itself to intravascular therapies.

This disease leads to added stress on the heart or to acute thrombosis, where a piece of the

plaque may be dislodged, causing complete occlusion of a vessel. The complexity of coronary

artery disease has resulted in the development of a range of therapies. The least invasive

therapy for atherosclerosis is optimal medical therapy (OMT), or pharmaceuticals. OMT

regimens typically consist of a combination of β-blockers, ACE-inhibitors, aspirin, and statins

designed to reduce hypertension, blood pressure, inflammation, and cholesterol [117, 118].

For the treatment of stable and low risk coronary artery disease, OMT has been repeatedly

demonstrated to be as effective as interventions such as PCI and coronary artery bypass graft

(CABG) [119, 120, 121, 118]. Despite these results, PCI is still often combined with OMT to

treat stable coronary artery disease in low risk patients [122, 120].

In patients with clinically unstable conditions, intervention becomes necessary [123]. In

patients with multiple vessel stenosis and complex lesions, CABG is still the standard of

80
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treatment [124, 125]. However, the majority of coronary interventions are performed using

PCI, which outnumbers CABG procedures two to one [126]. During PCI, a vessel that

has been occluded by plaque is mechanically expanded using a balloon catheter and then

mechanically reinforced by a stent. Following expansion and stent deployment, there is a risk

for neointimal hyperplasia, or the overgrowth of vascular smooth muscle cells into the newly

expanded lumen. This problem has been addressed by the introduction of the drug eluting

stent (DES), a metal mesh coated with a polymer containing an antiproliferative drug [127].

Many studies have demonstrated that DES use reduces restenosis and revascularization as

compared to its uncoated counterpart, the bare metal stent (BMS) [128, 129, 130].

Although the DES has been proven to be an effective tool for preventing neointimal

hyperplasia, there are reasons to seek better alternatives. Patients who received first generation

DESs experienced significantly higher rates of late stent thrombosis as compared to BMS

recipients [127]. While later DES designs have comparable rates of late stent thrombosis to

BMS, the risk for late stent thrombosis has not been eliminated entirely [131]. Non-uniform

or incomplete delivery of drug to the vessel wall occurs due to the spacing of stent struts

[132] and blood flow through the vessel [133]. In cases where larger vessel lengths must

be treated, larger DES lengths result in a hazard ratio that is greater than that of BMS

[134]. Several studies have suggested that selective DES application would result in better

allocation of medical resources, because DES use is only more cost-effective for higher-risk

patients [135, 136, 137, 138]. Finally, current DES delivery systems use prescribed doses and

antiproliferative drugs, preventing tailoring of treatment through the selection of therapies

or dose based on patient needs. Of the DES products on the market, only the YUKON

DES offers dose adjustment options and this device is currently only available in the EU

[139]. These compelling reasons have driven the development of drug eluting balloons, as an

alternative technology for antiproliferative delivery [140, 141]. These balloons would not offer

additional flexibility in drug or dosing options, with drug choice actually being limited by
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the lipophilicity of the drug in use [142].

Therapeutic IVUS presents an opportunity to provide a new and possibly more effective

method for delivering an antiproliferative drug to an injured artery wall following balloon

angioplasty. Previous research has already demonstrated that IVUS imaging can improve

outcomes (i.e., minimal lumen diameter) for stent deployment and identify problems with

stent deployment (incomplete stent expansion or poorly apposed struts) [143, 69, 71]. In one

study, IVUS use to guide proper stent deployment eliminated the need for anticoagulation

therapy and allowed a reduction in the duration of antiplatelet therapy [144]. Incorporating

therapy into the IVUS platform could further improve PCI outcomes by providing localized

and targeted therapy at the site of balloon injury, while also enabling real time feedback

during the intervention.

In this chapter, the initial validation steps will be taken to demonstrate that therapeutic

IVUS is a viable method for delivering a drug within the vasculature following balloon injury.

The previously discussed multifunction IVUS transducers will be evaluated using in vitro, ex

vivo, and in vivo methods. Using in vitro and ex vivo models, different acoustic parameters

will be evaluated to determine which output pressures and duty cycles are needed to provide

delivery in the vasculature using IVUS. An in vivo swine model will then be used to validate

the operation of the IVUS microbubble-based drug delivery system.

5.2 Methods

5.2.1 In Vitro Triple Function IVUS Delivery

Rat aorta vascular smooth muscle cells (SMC)s were cultured in acoustically and optically

transparent cell culture cassettes (OptiCell, Nunc, Rochester, NY, USA). Once cells reached

confluency, calcein (Sigma-Aldrich Corp., St. Louis, MO, USA) - a membrane impermeable
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Figure 5.1: Schematic of an IVUS transducer being swept along an OptiCell. The yellow triangular
prism represents the ultrasound transducer’s -6 dB beam width. Figure is not to scale.

fluorophore – and microbubbles were added at concentrations of 50 µg/mL and 15× 106 per

mL, respectively. The OptiCell was then inverted and incubated in a 37 ◦C water bath for

two minutes in order to allow the microbubbles to float towards the membrane coated with

the SMCs [62]. The TF-IVUS transducer was then used to insonate the OptiCell using a

1.75 MHz center frequency, 50 cycle sinusoid at PNPs = 152 or 300 kPa and PRFs = 250 or

1000 Hz. The TF-IVUS transducer was mounted on the motion stage and positioned 2 mm

from the surface of each OptiCell. The motion stage was controlled by a MATLAB script

that moved the transducer along equally spaced lines above the OptiCell, as illustrated in

Figure 5.1. A function generator (DS345, Stanford Research Systems, Sunnyvale, CA, USA )

triggered an arbitrary waveform generator (AWG2021, Tektronix, Inc, Beaverton, OR, USA)

which delivered a 30 cycle sinusoid at varying PRFs and amplitudes. These pulses were

amplified with a 50 dB amplifier (325LA, ENI, Rochester, NY, USA ). Both the AWG and

function generator were computer controlled by GPIB interface in order to change pulsing

parameters between treatment lines. The IVUS was translated over the OptiCell at a speed

of 1 mm/s. Following treatment, SMCs were allowed to rest and cell membranes were allowed

to reseal for 2 minutes. Then the SMCs were rinsed with PBS (+Ca/+Mg) and incubated

with 50 µg/mL propidium iodide (Sigma-Aldrich Corp., St. Louis, MO, USA) – a stain

for cell death - for 15 minutes. The cells were then rinsed an additional three times before

microscope images were collected.
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The OptiCell was imaged under bright field and fluorescent microscopy in order to determine

the number of cells that contained calcein and were viable. Imaging was performed on an

inverted microscope (IX51, Olympus Corporation of the Americas, Center Valley, PA, USA)

using a 4x magnification objective. Fluorescence imaging was performed using Cy3 (ex = 550

nm, em = 570 nm) and GFP (ex = 395 nm, em = 509 nm) filters for propidium iodide and

calcein, respectively. Images were collected with an exposure time of 20 ms and 1s for bright

field and fluorescent images respectively. Following microscopy, images were processed using

ImageJ and FIJI software with an imaging stitching package [145, 146]. The total number

of cells, number of cells with calcein uptake (green fluorescence), and number of cells with

propidium iodide uptake (red fluorescence) were counted in ImageJ. Quantification for each

pair of acoustic parameters was performed in a 1 mm square, selected to be in the center of

the ultrasound beam. Each set of acoustic parameters was repeated across 3 OptiCells.

5.2.2 Rotating IVUS Platform and Pulsing System

In order to provide automated rotation of the modified Volcano Revolution IVUS catheter, a

catheter rotation system (CRS) was assembled. The CRS, as shown in Figure 5.2, used a

stepper motor to drive a shaft designed to mate with the electrical connector of the Volcano

Revolution IVUS catheter. This shaft was electrically coupled to a BNC connector using

a slip ring (Mercotac Inc, Carlsbad, CA, USA) in order to allow freedom of rotation for

the shaft. A motor controller board (ROB-09571, Sparkfun Electronics, Boulder, CO, USA)

used a C program to automate the motor with a half step sequence. The system’s rotation

resolution due to the half step sequence and 1:2 gearing of the motor shaft to the IVUS shaft

was 400 steps per revolution (0.9◦).

5.2.3 Ex Vivo IVUS Delivery

As outlined in Chapter 2, swine carotid arteries were harvested immediately following

the slaughter of farm pigs at a local abattoir, immersed in physiological saline solution, and
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Figure 5.2: Catheter Rotation System for interfacing with a Volcano Revolution IVUS catheter.

placed in a cooler of ice. Bovine blood was extracted from freshly slaughtered cows and

mixed with a solution of EDTA (39.15 mg/mL, 50 mL). Within 7 days of collection, arteries

were cut into 4 cm segments, Luer lock connectors were inserted and secured by tying with

sutures. The artery was then immersed in a 37◦C PSS bath and connected into a flow loop.

Arteries were mounted vertically to prevent microbubble flotation from affecting delivery

profiles. A prototype IVUS transducer was then inserted into the flow loop proximal to the

flow source and guided into the lumen of the artery. The artery was infused with PBS and

an ultrasound probe was aligned to image the lumen of the artery during treatment.

As illustrated in Figure 5.3, a syringe pump infused a dispersion of 1,1’-dioctadecyl-3,3,3’3’-

tetramethylindocarbocyanine (DiI) microbubbles (2.25x106 MB/mL) into the artery for one

minute. The IVUS transducer rotated at a rate of 250 rpm while transmitting. Following

the infusion of microbubbles and blood, the artery was then flushed for one minute with

PBS to remove any excess microbubbles. A maximum of four treatments were performed in

each artery, moving the transducer’s position under ultrasound guidance using the pullback

functionality of the catheter.

Two sets of acoustic parameters were of interest for this study. Throughout this study, a

5 MHz center frequency, 500 cycle, 50% duty cycle, 600 kPa PNP ARF pulse was applied.
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Figure 5.3: IVUS microbubble delivery schematic. The IVUS transducer is positioned in artery
and microbubbles are infused through the vessel and an ARF pulse is applied to displace the
microbubbles to the vessel wall. A second, high amplitude pulse is then applied to induce delivery.
Figure not to scale.

The first set of acoustic parameters evaluated were the PNP and PRF of the delivery pulse.

PNPs of 1 MPa of 2 MPa with PRFs of 500 Hz or 1000 Hz were transmitted in order to

induce delivery. A 50 cycle sinusoid was applied to provide this delivery pulse. The pulse

sequence alternated between the ARF pulse to displace the microbubbles to the vessel wall

and the delivery pulse. The allocation of time between the ARF and delivery pulses was

75% and 25%, respectively. These acoustic parameters were applied in three arteries, and all

parameter pairs were applied in every artery.

Next, the ratio of time dedicated to ARF and sonoporation was adjusted. For these

experiments, the sonoporation pulse was a PNP = 2 MPa, PRF = 1000 Hz, 5 MHz center

frequency, 50 cycle sinusoid. The percentage of time dedicated to ARF was varied between

0%, 33%, 66%, and 100%, as illustrated in Table 5.1. In addition, the 2 MPa, 1 kHz data

from the previous set of experiments was included in the analysis of the percentage of time

dedicated to ARF.
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Table 5.1: Variation of ratio of ARF to delivery pulse sequences. The ARF pulses were a 5 MHz
center frequency, 500 cycle, 50% duty cycle, PNP = 600 kPa sinusoid. The delivery pulses were a 5
MHz center frequency, 50 cycle, 1% duty cycle, PNP = 2 MPa sinusoid.

Time (s)
% 5 10 15 20 25 30 35 40 45 50 55 60
0 D D D D
33 A D A D A D A D
66 A D A D A D A D
100 A A A A

DiI was selected as the model drug due to similarities with rapamycin, an antiproliferative

agent commonly used to treat neointimal hyperplasia following PCI. These molecules have

similar molecular weights of 934 Da and 914 Da, for DiI and rapamycin, respectively. Both

molecules are also hydrophobic, enabling molecule loading directly into the microbubble shell

[49]. However, the similarities are limited to molecular weight and their general hydrophobic

nature, with the molecules exhibiting very different molecular structures.

Following treatment, arteries were removed from the Luer lock connectors, cut axially,

and laid flat on a glass cover slip. Arteries were imaged on a confocal microscope (LSM700,

Carl Zeiss Microscopy LLC, Thornwood, NY, USA) using a 555 nm excitation. Images were

collected along the circumference of the artery and stitched together to produce a mosaic in

the ZEN software.

Fluorescence intensity along the region of treatment was measured using software created in

MATLAB. A region 625 µm wide, slightly narrower than the FIELD II simulated -3 dB beam

width of 800 µm of the IVUS transducer, delimited the edges of a region of interest. The

mean increase in fluorescence intensity of the treated region from the surrounding untreated

artery region was determined for each acoustic setting in order to compare different acoustic

parameters for treatment.
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5.2.4 In Vivo IVUS delivery

DiI microbubbles were washed twice by centrifuging for 6 and then 10 minutes, and then

draining the infranatant following centrifugation. A microbubble sample was diluted 20 fold,

and 10µl of the diluted microbubbles were placed on a hemocytometer, one minute elapsed,

and an image was collected from a microscope. Three samples were photographed from each

batch of microbubbles and microbubbles were later counted from the images and used to

establish the concentration of microbubbles for infusion.

Animal protocols were approved by the University of Missouri Animal Care and Use

Committee in accordance with the “Principles for the Utilization and Care of Vertebrate

Animals Used in Testing, Research and Training.” A domestic Yorkshire farm pig was

anesthetized and catheterized. Balloon injury was performed in both the left circumflex

and left anterior descending arteries. Following balloon injury in each artery, intravascular

ultrasound and microbubble treatment was performed. DiI microbubbles were diluted to a

concentration 800x106 MBs/ml in 5 mL of PFB saturated PBS. Microbubbles were infused

by hand at a rate of 1 mL/min while shaking the syringe to prevent microbubble aggregation.

As microbubbles were infused through the IVUS catheter, the IVUS transducer transmitted

a 5 MHz center frequency, 500 cycle sinusoid with 5 kHz PRF, and 600 kPa PNP. In the left

circumflex (LCX) artery, the IVUS transducer was moved laterally at a rate of 2 mm/min

and was not rotated in order to localize treatment along the vessel wall. In the left anterior

descending (LAD) artery, the IVUS transducer was rotated at a rate of 250 rpm and moved

laterally along the vessel at a rate of 2 mm/min. Treatment in each artery was administered

for approximately 5 minutes.

Following treatment, the LAD and LCX arteries were extracted, placed in vials, and flash

frozen in liquid nitrogen. Arteries were then shipped to the University of Virginia, where

they were embedded in OCT compound and sliced using frozen histology. Artery sections
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were imaged with an inverted microscope, using the Cy3 filter to detect DiI as described in

Section 5.2.3. Following image collection, FIJI image processing software and the MosaicJ

package [147] were used to stitch the individual microscope images.

The radius of the LCX was measured in FIJI and a freehand line was drawn along the

artery edge in the DiI treated region. Using this line, an intensity profile was measured and

the intensity values along the artery edge were measured. The treated region was defined

as the length of this edge profile where fluorescence intensity was greater than the mean

fluorescence intensity. An acoustic field model was prepared using FIELD II to simulate the

angular beam profile for the IVUS transducer. The simulated -6 dB angular beam width of

the IVUS transducer was measured and compared to the previously defined angular treated

region.

5.3 Results

5.3.1 In Vitro Triple Function IVUS Delivery

Calcein delivery with the TF-IVUS transducer was performed in a total of three OptiCells.

The order of insonation lines was randomized from OptiCell to OptiCell in order account

for the increase fluorescence that can be seen along the edges of an OptiCell. Example

calcein fluorescence images for each pair of acoustic parameters can be found in Figure 5.4.

The combination of the lowest pressure and PRF did not result in calcein delivery. Calcein

delivery for the three other acoustic parameter pairs resulted in calcein uptake by nearly all

of the cells in the region of interest. The quantification of the calcein and propidium iodide

uptake in the SMCs is presented in Figure 5.5. Figure 5.5(a) shows no significant difference

between the highest duty cycle and highest pressure OptiCell treatment regions. There was a

significant difference between the lowest duty cycle and pressure combination and three other

acoustic parameter pairs indicated on the plot in Figure 5.5(a).
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(a) (b) (c) (d)

Figure 5.4: Example calcein fluorescence images overlaid on bright field images from OptiCells
treated with IVUS and microbubbles. Images are from regions treated with (a) PRF = 250 Hz,
PNP = 152 kPa, (b) PRF = 250 Hz, PNP = 300 kPa, (c) PRF = 1000 Hz, PNP = 152 kPa, (d)
PRF = 1000 Hz, PNP = 300 kPa.
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Figure 5.5: Quantified delivery results from the in vitro calcein delivery experiments. (a) Percentage
of total cells permeabilized by the combination of ultrasound and microbubbles. (b) The percentage
of all cells that were irreversibly permeabilized after treatment with ultrasound and microbubbles as
determined by propidium iodide staining. There was no significant difference between each group.
(n = 3, displayed as mean+S.D. *p<0.001 compared to 250 Hz, 152 kPa)
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Figure 5.6: Fluorescence microscopy images of ex vivo DiI delivery fit to a 3-D cylinder. DiI
delivery appears in a localized strip along the vessel circumference. The peak increase in fluorescence
intensity over background is 50 fold.

5.3.2 Ex Vivo IVUS Delivery

In Figure 5.6, the fluorescent microscope image of the artery wall was superimposed on

a 3-D cylinder to illustrate delivery along the artery circumference. Delivery was localized

within a tight beam along the vessel wall. This demonstrates non-preferential delivery of the

DiI to the artery circumference within the axial ultrasound beam. This data is represented in

another form in Figure 5.7, showing the average increase in fluorescence intensity along the

vessel wall as compared to background in the same image. Increases in fluorescence intensity

up to 50x have been measured when these experiments were performed in saline (Figure 5.7).
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Figure 5.7: Artery increase in fluorescence over background plotted along the circumference in an
ex vivo artery where delivery was performed in PBS.. Plot axes were truncated to show that the
increase in fluorescence occurs along the entire vessel wall. A maximum increase in fluorescence
of 50x was measured in this artery. Result was produced with a PNP = 2 MPa, PRF = 1 kHz
sonoporation pulse.

Results comparing the increase in fluorescence intensity due to DiI delivery results across

different PNPs and PRFs under physiological flow conditions are presented in Figure 5.8.

Across PNPs and PRFs, there was no statistically significant increase in fluorescence intensity

measured, as presented in Figure 5.8(a). When adjusting the ratio of ARF to delivery pulses,

there was a statistically significant increase in fluorescence intensity measured from the no

ARF case to the ARF cases, as presented in Figure 5.8(b).

5.3.3 In Vivo IVUS Delivery

Three representative microscope images taken from the in vivo swine model LCX are

presented in Figure 5.9. Figure 5.9(a) was outside of the region of IVUS and microbubble

treatment, with no fluorescence detected along the vessel wall. In comparison, two sections

from within the treated region are presented in Figures 5.9(b) and 5.9(c). In these images,

fluorescence due to DiI delivery was detected to be localized along the upper vessel wall.

Fluorescence artifacts were also detected in the lumen of the artery images due to the use of

expired OCT compound.
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Figure 5.8: Quantified fluorescence intensity increases due to variation of acoustic parameters.
(a) Increase in fluorescence intensity due to DiI delivery for a series of tested acoustic parameters.
There was no significant difference between groups, suggesting that sonoporation pressure and PRF
do not need to be higher than 1 MPa, 500 Hz. (b) Increase in fluorescence intensity due to DiI
delivery for the percentage of radiation force time. All radiation force percentages were significantly
different from 0% (p<0.05). There was no significant difference among radiation force percentages
above 33%.(n=3, displayed as mean+S.D. *p<0.05 compared to 0% ARF, #p<0.01 compared to
0% ARF)

The radius of the LCX was measured to be 1.04 mm. A freehand line was drawn along the

artery edge in the DiI treated region. Using this line, an intensity profile was measured along

the upper region of the treated artery. The intensity values in the DiI treated region of the

artery from Figure 5.9(c) were plotted yielding Figure 5.10(a). The total angular range of

the treated region was determined to be 40.65◦ from this intensity profile. This matched well

with the 37◦ simulated -6 dB beam width of the IVUS transducer measured at a radius of 1

mm (Figure 5.10(b)).

Figure 5.11 was collected from the LAD, where the IVUS transducer was rotated during

treatment. Delivery was preferential to one side of the vessel, but fluorescence was detected

in regions along the entire circumference as opposed to the completely localized delivery of

Figure 5.9.
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(a) (b)

(c)

Figure 5.9: Sections from the in vivo LCX swine coronary artery following balloon injury and
ultrasound and DiI microbubble delivery. (a) Fluorescence image overlaid on a bright field image of
an untreated LCX artery section. The red fluorescence in the center of the artery was not collocated
with cells and is therefore an artifact. (b-c) Fluorescence overlay of two treated sections of the LCX
artery, separated by 0.6 mm. DiI delivery was detected along the artery wall at the top of both
images. Similar fluorescence artifacts were detected in the center of these artery sections as well.
Scale bar = 500 µm.
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Figure 5.10: Quantification of the extent of DiI delivery within the LCX coronary swine artery. (a)
Intensity profile along the upper vessel wall of Figure 5.9(c). (b) FIELD II simulated beam profile
of the 5 MHz center frequency IVUS transducer measured 1 mm from the transducer. Comparing
the angular range of fluorescence and the simulated beam profile, shows that the angular sweep of
fluorescence matched the angular beam profile well.

5.4 Discussion

Microbubble and ultrasound enhanced drug delivery has been demonstrated with two

prototype IVUS transducers using in vitro, ex vivo, and in vivo experimental methods. The

ability to provide localized delivery of microbubbles, under physiological flow conditions was

demonstrated using these methods. The in vitro and ex vivo experiments provided insight

into the acoustic parameters required to achieve model drug delivery in vivo.

In vitro experiments delivering calcein to OptiCells resulted in high levels of delivery with

low levels of cell death compared to previous literature [48, 148]. The small numbers of

irreversibly permeabilized cells were likely due to the use of low insonation pressures and the

constant movement of the ultrasound transducer. Most previous in vitro studies insonated in

one region for minutes, increasing the overall energy delivered to the cells. Other research

by Pan, suggested that by delivering a lower acoustic pressure with a higher duty cycle can

reduce irreversible cell permeabilization while still enhancing molecule uptake [149]. In this

work, because the IVUS transducer was constantly in motion, any given region was only
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Figure 5.11: Microscope image of a treated section from the swine LAD artery treated with a
rotating IVUS transducer and pullback. Delivery occurred along different regions of the vessel wall,
although there is preferential delivery to the portion of the vessel at the bottom of the image. In
comparison to Figure 5.9(b), delivery is spread out over more of the vessel circumference. Scale bar
= 500 µm.

insonated on the order of seconds. The high rate of delivery may have been due to the high

duty cycle and low frequency insonation.

The ex vivo swine artery experiments provided an opportunity to test the microbubble

IVUS delivery platform under physiological flow conditions, while evaluating ultrasound

parameters for the purpose of microbubble and IVUS enhanced drug delivery. The results of

Figure 5.8(a) and 5.8(b) may suggest that in physiological flow conditions, ARF displacement

of microbubbles is the key to delivery, not high pressure sonoporation pulses. On the other

hand, the PNP used for ARF displacement of the microbubbles was fairly high compared to

previous studies, due to the need to displace microbubbles in blood [150]. Previous research

has suggested that microbubble destruction is not required to induce sonoporation and that
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it may even be beneficial for microbubbles to survive [151, 152]. These high pressures may

also be inducing lipid shedding, enhancing delivery by releasing the DiI [153, 82]. In order

to better understand these effects, optical high speed experiments could be used to monitor

microbubbles under similar acoustic and environmental conditions (i.e., in blood).

Finally, an in vivo swine model was used to demonstrate the ability of the 5 MHz dual

function IVUS and CRS to deliver a model drug under physiological flow conditions. Without

IVUS transducer rotation, DiI delivery was localized to one region of the artery circumference,

as presented in Figure 5.9. The angular region of delivery along the vessel wall was measured

and compared to the simulated -6 dB angular beam width, resulting in a difference of only

3.65◦. When the IVUS transducer was rotated during treatment, DiI delivery was detected in

regions along the entire artery circumference. However, there was preferential delivery to one

side of the artery. One potential cause of this preferential delivery was the IVUS catheter

being off-center, located closer to the one side of the vessel than the other. A microbubble

infusion port was only created on one side of the IVUS catheter, which may have led to a

higher concentration of microbubbles on one side of the artery.

Ultimately, the demonstration of delivery within an injured vessel suggests this microbubble

and IVUS drug delivery system may be a clinically viable method for localized drug delivery

within the vasculature for applications such as PCI. The ability to localize this delivery along

one segment of the artery circumference could potentially be used to treat vascular diseases

with potent drugs like rapamycin. This approach has the potential to lower required drug

doses and prevent cytotoxic side affects due to drug uptake by nearby cells that do not need

therapy.



Chapter 6

Conclusions and Future Work

The work presented in this dissertation has demonstrated the design of multifunction

therapeutic and imaging IVUS transducers for microbubble-based drug delivery. These

transducers were designed using piezoelectric ceramics within the dimensional constraints

of the vasculature while producing the low center frequencies (1.5 - 5 MHz) required for

ultrasound and microbubble enhanced therapy. Using both thickness and lateral modes,

these ultrasound transducers were capable of providing both therapeutic (fc =2-5 MHz) and

imaging (fc =8-24 MHz) capability in one transducer.

This work is the first reported use of a Rayleigh-Plesset derived microbubble model to

influence the design of an IVUS transducer. By using the ARF model discussed in Chapter 3,

an appropriate frequency for displacing microbubbles using ARF was selected. Using this

model, the effect of device length on the overall displacement of a microbubble under flow

was evaluated and an appropriate length was selected for an elongated acoustic radiation

force IVUS transducer. While preparing these simulations, an error was found in the 1-D

microbubble ARF model and was corrected. The source of this error, which was found in a

friction term used to compensate for the experimental apparatus used to validate the model,

was evaluated by comparing the model output with and without the friction term. It was
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found that the effect of this term was frequency dependent, with the greatest changes in the

model occurring at the lowest frequencies.

Operation of the completed IVUS transducers was demonstrated using in vitro and ex vivo

models. Using flow phantoms with physiological flow rates, the ability of the IVUS transducers

to displace microbubbles to a vessel wall was demonstrated. In vitro cell culture models using

OptiCells demonstrated the ability to induce sonoporation with the low center frequency

IVUS transducers. An ex vivo swine artery flow loop model was used to demonstrate the

ability of the IVUS transducers to both displace microbubbles to the vessel wall under flow,

and to deliver a model drug to the vessel wall while displacing the microbubbles under flow.

Increases in fluorescence signal intensity as high as 50 fold were measured in these arteries

following ultrasound and microbubble enhanced delivery.

There are some limitations to the work presented here. The ultrasound transducer designs

presented in this work were designed for microbubbles with diameters from 1.8 - 2.4 µm. This

range of microbubble sizes was chosen based on the microbubble populations often received

from my collaborator, Dr. Klibanov. Other research from the Hossack Lab has suggested

that larger microbubbles may be more effective for therapeutic applications [53]. Regardless,

the general design principles and methods outlined in this dissertation can guide the design

of other IVUS transducers at low frequencies in order to effect ultrasound and microbubble

enhanced drug delivery.

Another important limitation of this work is the selection of ultrasound parameters. To

select effective acoustic parameters, both previous literature and modeling tools were used.

This was not an exhaustive study and optimization of this drug delivery system could

be continued. Rotation speed, ARF pressure, and stepped rotation are just a few of the

potentially important parameters that have not yet been explored in detail. In addition to

these parameters, the parameters which have been explored such as ARF duty cycle and
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sonoporation pressures were explored in a limited, but informed, manner because of the sheer

size of the parameter space available in these experiments.

Further development of the dual frequency IVUS transducers will be necessary in order to

implement the displace, treat, and image model developed in this work. While the designs in

this dissertation provide an outline for designing ceramic ultrasound transducers that transmit

at multiple frequencies, these prototype transducers are not at the imaging performance level

of commercial imaging IVUS transducers. While this dissertation did begin exploring the use

of appropriate backing layers for these IVUS applications, specifically an aerogel, a complete

imaging IVUS transducer must utilize both backing and matching layers. In addition to this,

more research must be performed to explore better methods to perform IVUS imaging with

contrast agents, whether it be using pulse inversion techniques [112], subharmonic imaging

[111], or transmit low receive high techniques [34] that would benefit from the dual frequency

IVUS transducers designed in this dissertation.

In pursuit of further development and validation of the IVUS and microbubble drug

delivery platform, a drug delivery efficacy study in a swine model was recently begun with

collaborators at the University of Missouri. Balloon injuries were performed in 2-3 coronary

vessels of 5 farm pigs. Arteries were treated with ultrasound and a low dose of rapamycin

microbubbles (40 µg rapamycin), ultrasound and a high dose of rapamycin microbubbles (200

µg rapamycin), no ultrasound and a low dose of rapamycin microbubbles (40 µg rapamycin),

or no ultrasound and no rapamycin microbubbles. Rapamycin dose was determined based on

the concentration of rapamycin in microbubbles determined previously by Phillips et al. [154].

Ultrasound parameters were the same as the study outlined in Chapter 5. After 28 days,

the animals will be sacrificed and the treated vessels harvested. Arteries will be sectioned,

imaged, and the extent of neointimal formation measured in order to evaluate the effect of

rapamycin delivered with intravascular ultrasound and microbubbles.
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Ultimately, the work presented in this dissertation has demonstrated IVUS and microbubble

based drug delivery as a viable tool for future clinical applications. Although the focus of this

work has been applied to designing an improved method for antiproliferative delivery following

PCI, there are other diseases that might benefit from localized intravascular drug delivery.

In particular, diseases where transcutaneous ultrasound cannot provide the required delivery

due to barriers such as the lungs and bone would be suitable. As mentioned throughout this

dissertation, temporary permeabilization of the blood brain barrier is a promising method for

treating brain cancers [52]. Cardiovascular applications, including therapeutic angiogenesis

after ischemia and radiation force enhanced molecularly-targeted imaging of inflammation

also present unique opportunities for a IVUS platform[155, 43].



Appendix A

Microbubble Acoustic Radiation

Force Model Variables and Inputs

A critical step to the application of any model is collecting the appropriate inputs for the

model. In this appendix, the values of all of the variables used for the 1-D acoustic radiation

force model [79] are listed. References are included where applicable. All liquid values are for

water.
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Symbol Variable Value Source

A Microbubble cross-sectional area Varies

b van der Waals constant 0.1727 Chomas 2000 [109]

c Speed of sound in liquid 1540 m/s

ε Lipid shell thickness 1 nm Morgan 2001 [86]

g Gravitational constant 9.8 m/s2

γ Polytropic gas exponent 1.07 Morgan 2001 [86]

Pdriv Acoustic driving pressure Varies

Pl Pressure in liquid Varies

P0 Hydrostatic pressure 101×103 Pa

ρl Liquid density 1000 kg/m3

ρb Microbubble shell density 1150 kg/m3 Zheng 2006 [156]

ρg Gas density (Perfluorobutane) 10.11 kg/m3 Wolfram Alpha [157]

R Microbubble radius Varies

Ṙ Microbubble wall velocity Varies

R̈ Microbubble wall acceleration Varies

R0 Initial microbubble radius Varies

σ Interfacial tension 0.051 N/m Dayton 2001 [158]

t Time Varies

ur Relative velocity of microbubble to liquid ub − ul

ul Liquid velocity Varies

ub Microbubble velocity Varies

µ Liquid viscosity 1×10−3 Pa-s

µsh Microbubble shell viscosity 1.9×R0 − 1.1 Morgan 2001 [86]

ν Kinematic viscosity of the liquid µ
ρl

Vb Microbubble volume Varies

Vm Universal molar volume 22.4 L

χ Elastic modulus of the lipid shell 0.5 Morgan 2001 [86]
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Lancet, 370(9598):1552–1559, November 2007.



Bibliography 117

[136] Christoph Kaiser, Hans Peter Brunner-La Rocca, Peter T Buser, Piero O Bonetti,
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